A surrogate head system for blunt impact experiments by Beavers, Timothy J
Graduate Theses and Dissertations Iowa State University Capstones, Theses andDissertations
2018
A surrogate head system for blunt impact
experiments
Timothy J. Beavers
Iowa State University
Follow this and additional works at: https://lib.dr.iastate.edu/etd
Part of the Mechanical Engineering Commons
This Thesis is brought to you for free and open access by the Iowa State University Capstones, Theses and Dissertations at Iowa State University Digital
Repository. It has been accepted for inclusion in Graduate Theses and Dissertations by an authorized administrator of Iowa State University Digital
Repository. For more information, please contact digirep@iastate.edu.
Recommended Citation
Beavers, Timothy J., "A surrogate head system for blunt impact experiments" (2018). Graduate Theses and Dissertations. 16787.
https://lib.dr.iastate.edu/etd/16787
A surrogate head system for blunt impact experiments
by
Timothy J. Beavers
A thesis submitted to the graduate faculty
in partial fulfillment of the requirements for the degree of
MASTER OF SCIENCE
Major: Mechanical Engineering
Program of Study Committee:
Sarah A. Bentil, Major Professor
Abhijit Chandra
Richard T. Stone
The student author, whose presentation of the scholarship herein was approved by the program of
study committee, is solely responsible for the content of this thesis. The Graduate College will
ensure this thesis is globally accessible and will not permit alterations after a degree is conferred.
Iowa State University
Ames, Iowa
2018
Copyright c© Timothy J. Beavers, 2018. All rights reserved.
ii
DEDICATION
I would like to dedicate this thesis to the people who paved the way for people like myself to
pursue this path. Past engineers such as John Lingenfelter and Carroll Smith demonstrated how
engineering rigor can be used to push the technological envelope, while others at the time simply
exhibited a trial and error approach. As for people in the present, Daniel A. Olson is the engineer
who was the motivation that I could do it, and my wife Sarah has always been the voice of reason
to keep me grounded as otherwise − squirrel!
iii
TABLE OF CONTENTS
Page
LIST OF TABLES . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . v
LIST OF FIGURES . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . vi
NOMENCLATURE . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . ix
ACKNOWLEDGEMENTS . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . xii
ABSTRACT . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . xiii
CHAPTER 1. INTRODUCTION . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 1
CHAPTER 2. REVIEW OF LITERATURE . . . . . . . . . . . . . . . . . . . . . . . . . . . 5
2.1 Past Research . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 5
2.1.1 Animal Research . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 5
2.1.2 Laboratory Testing . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 12
2.1.3 Cadaver and Human Testing . . . . . . . . . . . . . . . . . . . . . . . . . . . 16
2.2 Testing Standards . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 23
2.3 Correlation with Head Protection . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 28
2.4 Discussion . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 35
2.5 Summary . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 38
CHAPTER 3. THEORY, EXPERIMENTAL DESIGN, AND PROCEDURES . . . . . . . . 40
3.1 Theory . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 40
3.2 Experimental Setup . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 49
3.2.1 Instrumentation . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 60
3.2.2 Instrumentation Calibration . . . . . . . . . . . . . . . . . . . . . . . . . . . . 62
3.3 Procedures . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 66
CHAPTER 4. RESULTS AND DISCUSSION . . . . . . . . . . . . . . . . . . . . . . . . . . 68
4.1 Overview . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 68
4.2 Design of Experiments: 1 – 24 . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 68
4.3 Design of Experiments: 25 – 48 . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 74
4.4 Discussion . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 76
CHAPTER 5. CONCLUSION AND FUTURE WORK . . . . . . . . . . . . . . . . . . . . . 81
5.1 Conclusions . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 83
5.2 Future Work . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 85
iv
REFERENCES . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 87
APPENDIX A. DESIGN OF EXPERIMENTS: DETAILS AND RESULTS . . . . . . . . . . 91
APPENDIX B. COMPUTER CODE FOR SHAKER CALCULATIONS . . . . . . . . . . . 94
vLIST OF TABLES
Page
Table 3.1 Expected g-force values for various mass and shaker speed settings. . . . . . 49
Table 4.1 DOE 3: Force data . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 70
Table A.1. DOE Results . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 91
vi
LIST OF FIGURES
Page
Figure 2.1: Kanda test setup (top) and specimen restraint (bottom). Reprinted from
Kanda et al. (1981) with permission. . . . . . . . . . . . . . . . . . . . . . . 6
Figure 2.2: Predicted Ommaya concussion level events based on brain mass. Reprinted
from Ommaya and Hirsch (1971) with permission. . . . . . . . . . . . . . . . 8
Figure 2.3: Sano test setup and specimen. Reprinted from Sano et al. (1967) with
permission. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 9
Figure 2.4: Coetze’s hammer test setup featuring a pneumatic ram, and specimen mount-
ing. Reprinted from Coetz (2015) with permission. . . . . . . . . . . . . . . 11
Figure 2.5: Diagram of the experiment apparatus used. Reprinted from Kenner and
Goldsmith (1973) with permission. . . . . . . . . . . . . . . . . . . . . . . . 12
Figure 2.6: Johnson’s water filled sample and instrumentation. Reprinted from Johnson
and Young (2005) with permission. . . . . . . . . . . . . . . . . . . . . . . . 14
Figure 2.7: Apparatus used in Ljung’s experiment. Reprinted from Ljung (1975) with
permission. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 15
Figure 2.8: A baboon skull sample (left) and human skull sample (right) with falx in-
stalled. The insides were painted white for higher contrast before transpar-
ent gel was added. Reprinted from Margulies et al. (1990) with permission. 16
Figure 2.9: Test setup measuring the impedance of a cadaver skull. Reprinted from
Gurdjian et al. (1970) with permission. . . . . . . . . . . . . . . . . . . . . . 17
Figure 2.10: Cormier’s test setup. Reprinted from Cormier et al. (2011) with permission
from ASME. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 18
Figure 2.11: Nahum created a mathematical dynamic system model to analyze brain
movement and forces. Reprinted from Nahum et al. (1977) with permission. 20
Figure 2.12: Image illustrating occipital region of skull courtesy of wikipedia.org . . . . . 21
Figure 2.13: X-ray of an instrumented head with NDT’s Hardy et al. (2007). . . . . . . . 22
Figure 2.14: Data from several Eiband experiments. This figure is taken from NASA-
MEMO-5-19-59E, HUMAN TOLERANCE TO RAPIDLY APPLIED AC-
CELERATIONS: A SUMMARY OF THE LITERATURE, Author: Martin
Eiband, and used with the permission of NASA. . . . . . . . . . . . . . . . . 24
Figure 2.15: Wayne State Tolerance Curve used to develop the HIC curve. Figure refer-
enced by Snyder (1970). . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 26
Figure 2.16: Ohio State’s tetrahedron setup. Accelerometers in black, ARS in blue.
Reprinted from Kang et al. (2015) with permission. . . . . . . . . . . . . . . 27
Figure 2.17: One of Newman’s experimental setups to reproduce a helmet-to-helmet con-
tact event. Reprinted from Newman et al. (2005) with permission. . . . . . 29
Figure 2.18: Pellman’s pendulum setup measuring impacts at different locations and an-
gles. Reprinted from Pellman et al. (2006) with permission. . . . . . . . . . 31
vii
Figure 2.19: NOCSAE-WSU test setup with a sample at rest. Reprinted from Hodgson
(1975) with permission. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 33
Figure 3.1: Varying accelerations and durations resulting in a GSI of 700. . . . . . . . . 42
Figure 3.2: Evaluating mass imbalance and input power to match the event duration
given a GSI of 700. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 43
Figure 3.3: CG/centroid distance of the total counterweight mass from rotation axis
(left) is different than the unbalance CG distance from rotation axis (right). 44
Figure 3.4: Counterweight frontal view with ri and ro dimensions labeled (left) and side
view showing L dimension (right). . . . . . . . . . . . . . . . . . . . . . . . . 47
Figure 3.5: Cut-away showing inner cylinders (light and dark red) and outer cylinders
(light and dark blue), with associated offset parting lines at the interface of
the red or blue color. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 50
Figure 3.6: Metal form to hold cylindrical brain surrogate during epoxy step (left) and
final polyurethane brain surrogate after curing (right). . . . . . . . . . . . . 51
Figure 3.7: Rotated cut-away of brain, skull and sealing arrangement. . . . . . . . . . . 52
Figure 3.8: C-Frame assembly (cyan) suspended with chains (yellow). Rod and discs
are shown in gray. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 53
Figure 3.9: Skull support (black) with force transducers (blue) sandwiched in-between
the support. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 55
Figure 3.10: Skull deformation using a preload of 89 N for force transducer 1. . . . . . . 56
Figure 3.11: For a brain system moving toward force transducer 1: Original assumption
coupled brain and skull to yield both tensile and compressive force trans-
ducer readings (left) and realized head system configuration yielding only
compressive transducer readings at force transducer 1 and no force measure-
ments at force transducers 2 and 3 (right). . . . . . . . . . . . . . . . . . . . 57
Figure 3.12: Shaker tray (red), extruded aluminum arm (tan), pivot arm (magenta), and
counterweight (green). Shaker motion acts along a large radius arc. . . . . . 58
Figure 3.13: Shaker assembly with counterweights (green), drive (blue) and driven (red)
shafts, supports, and motor. . . . . . . . . . . . . . . . . . . . . . . . . . . . 59
Figure 3.14: Connection between shaker tray (yellow) and C-frame (blue). Two formed
aluminum linkages (red) are sandwiched above and below the shaker tray.
A roller pin (green) creates a contact patch between the two sub-systems. . 60
Figure 3.15: Entire system model. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 61
Figure 3.16: Force transducers, accelerometer, string potentiometer, and vent/drain tubes
are highlighted in red. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 62
Figure 3.17: Steady-state test with unfiltered incident force data. . . . . . . . . . . . . . 63
Figure 3.18: Various low-pass filter cut-off frequencies (fc) applied to brain surrogate
velocities, which were captured during a 28 ms event duration. . . . . . . . . 63
Figure 3.19: Various low-pass filter cut-off frequencies (fc) applied to displacement data
with a 28 ms duration. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 64
Figure 3.20: Various low-pass filter cut-off frequencies applied to force data with a 28 ms
duration. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 65
Figure 3.21: Various low-pass filter cut-off frequencies applied to force data with a 45 ms
duration. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 66
viii
Figure 3.22: Two low-pass filter cut-off frequencies applied to force data with a 45 ms
duration. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 67
Figure 4.1: 3000 data point sampling of DOE 2 Force data. Event duration is 28.9 ms. . 69
Figure 4.2: 3000 data point sampling of DOE 3 Force data. Event duration is 20.0 ms. . 70
Figure 4.3: Force data from DOE 1 – 24. . . . . . . . . . . . . . . . . . . . . . . . . . . 71
Figure 4.4: Force data from DOE 1 – 24, with six 20 Hz and 27.7 Hz data points removed. 72
Figure 4.5: Force data from DOE 22. The apparatus was only at steady state for a few
cycles (1500 sample points). . . . . . . . . . . . . . . . . . . . . . . . . . . . 73
Figure 4.6: Accelerometer data from DOE 1 – 24. . . . . . . . . . . . . . . . . . . . . . 74
Figure 4.7: Accelerometer data from DOE 1 – 24 with six 20 Hz and 27.7 Hz data points
removed. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 75
Figure 4.8: Force data from DOE 25 – 31. . . . . . . . . . . . . . . . . . . . . . . . . . . 75
Figure 4.9: Force data from DOE 25 – 31 with two 20 Hz data points removed. . . . . . 76
Figure 4.10: Accelerometer data from DOE 25 – 31. . . . . . . . . . . . . . . . . . . . . . 77
Figure 4.11: 3D scatter plot of force (blue) and acceleration (red) with the Z-axis rep-
resenting the calculated HIC based on the accelerometer data. Low motor
speed data (< 20 Hz) are excluded. . . . . . . . . . . . . . . . . . . . . . . . 77
Figure 4.12: FEA analysis of factor of safety with a uniform 6061-T6 aluminum (left)
and with the upper and lower welded portions substituted using for 6061-
T0 aluminum (right). . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 79
Figure B.1: Maximizing the variable G while varying CounterweightDOuterInches. . . . 96
ix
Nomenclature
Abbreviations
ABP Arterial Blood Pressure
APP Amyloid Precursor Protein
ARS Angular Rate Sensor
CAD Computer Aided Drafting
CFD Computational Fluid Dynamics
CG Center of Gravity
CPT Cranial Pressure Transducers
CSF Cerebral Spinal Fluid
CVP Central Venous Pressure
DAQ Data AcQuisition
DOE Design Of Experiments
ECG ElectroCardioGram
EEG ElectroEncephaloGraph
ED Emergency Department
EES Engineering Equation Solver
FEA Finite Element Analysis
GSI Gadd Severity Index (Same as SI)
HIC Head Injury Criterion
HIP Head Impact Power
ICP IntraCranial Pressure
LVDT Linear Variable Differential Transformer
xMEP Modular Elastomer Programmer
MRI Magnetic Resonance Image
mTBI Mild Traumatic Brain Injury
NAAP Nine Accelerometer Array Package
NDA Neutral Density Accelerometer
NDT Neutral Density Target
NFL National Football League
PCB Printed Circuit Board
RHI Repeated Head Injury
SI Severity Index
TBI Traumatic Brain Injury
WSTC Wayne State Tolerance Curve
Roman Symbols
CGU center of force of unbalance mass
D diameter of cylinder
F force
Fi incident impact force
F1 force transducer 1
F2 force transducer 2
F3 force transducer 3
g acceleration due to gravity
L length of cylinder
MT excited mass
n rotational speed
r radius
xi
P power
ri inner radius
ro outer radius
T torque
U unbalance mass
V volume
Greek Symbols
ω angular velocity
φ incident impact angle
pi pi
ρ density
xii
ACKNOWLEDGEMENTS
I would like to take this opportunity to express my thanks to those who helped me with various
aspects of conducting research and the writing of this thesis. First and foremost, Dr. Sarah Bentil
for her guidance, patience, and support throughout this research and the writing of this thesis. Her
insights and words of encouragement have often inspired me and renewed my hopes for completing
my graduate education. I would also like to thank my committee members for their efforts and
contributions to this work: Dr. Abhijit Chandra and Dr. Richard T. Stone. Dr. Chandra asked
the right questions to help ensure I was pursuing answers and Dr. Stone made sure I had support
where needed.
Start-up funding from Iowa State University to Dr. Bentil funded the construction and testing
of the equipment needed for this research and made this project possible. Additionally, from the
College of Engineering, Taylor Schweizer and James Dauetremont lent much appreciated help in the
design and debugging of the data acquisition equipment and construction of the signal conditioners
used.
Finally I have to acknowledge the support from my wife who did the heavy lifting through all
this; handling being pregnant for the first half of this endeavor and then raising a baby boy for
another 9 months while I completed my work. I will have to refocus my efforts and play catch-up
at home.
xiii
ABSTRACT
Traumatic brain injury (TBI) following blunt force impact to the head yields symptoms that
include confusion, headache, dizziness, and speech problems. The injury mechanism resulting in
these symptoms is still not well understood, hindering the development of effective countermeasures.
To increase our understanding of TBI (without skull fracture), we have designed an apparatus
that can reproduce blunt impact forces in a controllable and repeatable manner. The apparatus
consists of a simplistic cylindrical head system with tissue and fluid surrogates to represent the
brain, cerebrospinal fluid (CSF), and skull. Resultant forces imparted on the outer layer of the
skull are recorded using force transducers. A tri-axial accelerometer mounted on the brain and
a laser vibrometer are used to measure the acceleration and velocity, respectively. A dedicated
shaker is coupled with the head system (i.e. brain-CSF-skull apparatus) to allow for controlled and
repeatable testing of blunt loading scenarios of variable complexities.
The selection of the shakers frequency and applied force needed to simulate a TBI, such as a
concussion, were guided by the Head Injury Criterion (HIC) scale. The HIC scale is an exponential
scale used to rate the severity of skull impact. A HIC of 700 corresponds to a severe concussion
sustained by a National Football League (NFL) player during game play. The duration of the blunt
impact resulting in concussion is 15 ms, which translates to an acceleration of 74 g-force. Through
optimization of the shaker design, a HIC of 700 was not possible without scaling the head system.
Due to budget constraints, a 3 hp motor was used to drive the shaker. This system was capable
of 12.38 g-force at a duration of 15 ms, which corresponds to a HIC of 8.09. Although the HIC
of 8.09 is lower than the desired 700, it was suitable for baseline testing of the prototype head
system. A design of experiments (DOE) approach was conducted, to analyze the head system,
by considering three different mass settings of a counterweight shaker and six shaker speeds. The
system demonstrated repeatability and adjustability through nearly half of the experiments before
xiv
a substructure fracture halted experiments. The results of the head system before failure are
highlighted in this thesis, and reflect the capabilities of the apparatus. Additionally, a discussion
for improvements to the design to facilitate future experiments with a biofidelic head geometry is
presented. Inclusion of angular impact, in a future design of the system, would also improve the
capability of the head system at mimicking TBI; while simultaneously using less power to operate
the device.
1CHAPTER 1. INTRODUCTION
According to the Centers for Disease Control (CDC), approximately 2.8 million traumatic brain
injury (TBI) related Emergency Department (ED) visits occurred annually between 2007 and 2013
(Taylor, 2017). Factors that led to the TBI include falls by persons older than 75 years and
motor-vehicle crashes. From those TBI-related ED visits, 56,000 patients died each year (Taylor,
2017). In 2013, the World Health Organization (WHO) reported that the annual death worldwide
attributed to TBI was 1.3 million (World Health Organization. Violence et al., 2013). Long-term
health effects of non-fatal TBI carry significant ramifications such as memory loss and cognitive
difficulties (McAllister et al., 2001). Thus, TBI is a public health issue that remains unresolved
and requires continued attention by researchers.
TBI research includes the design and fabrication of protective devices (e.g. helmets) for the
human head, and also experiments and computational modeling of blast and blunt impact events
to understand injury mechanisms. Research in helmet design has resulted in a reduction of skull
fracture following blunt impact. However, TBI still occurs due to the lack of research exploring
the correlation between the helmet and head as a dynamic system. Advances in computer compu-
tational capability has attracted researchers to simulate blunt impact events using finite element
analysis (FEA), as a means to predict the motion and forces inside of a head. Computational
models require significant time to simulate the response of the head following impact. Further-
more, blunt impact experimental data of the head is needed to validate the computational models.
Populating a large database consisting of the resultant forces from a given blunt impact event or
experiment is not practical. As a result, current experiments examine a specific injury mechanism
or impact scenario, or is based on cadaver or animal testing (Gurdjian et al., 1970; Ljung, 1975;
Margulies et al., 1990). Yet, TBI still occurs due to the lack of experiments that can simultane-
ously analyze the dynamic response of the brain, cerebrospinal fluid (CSF), and skull system. The
2dynamic response of the head system (i.e. brain-CSF-skull) to trauma was best described by Viano
et al. (1989) in the following quote:
“Because the brain has its own inertia and is loosely coupled to the skull, its motion
will lag that of the skull when the head is suddenly stopped. The resulting differential
displacement causes interfacial shear between the brain and skull, stretches the vessels
that tether the brain, and strains the brain tissue as it contacts boney protrusions and
membranes. When the skull is impacted directly, the brain also deforms and pressures
increase at the site of local skull deformation. These deformations and pressure in-
creases, if of sufficient magnitude, can result in brain laceration or contusion, evidenced
by hemorrhage, or diffuse axonal injury, which causes functional changes.”
An understanding of the connection between the motion of the brain and TBI, and also the
brain’s frequency response following blunt impact, will aid in improving the design of counter-
measures that can mitigate head trauma. Future countermeasures should isolate and mitigate the
frequencies that will lead to the long-term neurological and functional effects of individuals (e.g.
professional athletes) experiencing Repeated Head Impacts (RHI). The primary intent of this re-
search is to design and validate a modular apparatus for testing a brain-CSF-skull system under
varying blunt impact events. The apparatus measures the resultant skull force, while exciting a
brain surrogate. To validate the measured resultant forces, measurements of the brain’s accelera-
tion at various blunt event durations was coupled with Newton’s second law of motion to calculate
the resultant forces. Since the head system is modular, modification by considering other materials
and geometries to describe the brain and skull surrogate is possible.
Comparative studies of individuals who have suffered severe TBI, with those not experiencing
TBI, have shown that a deposition of beta amyloid proteins can be used to detect axonal brain injury
(Roberts et al., 1994). Most of the research involving individuals with TBI aims to understand the
long-term effects of this injury, or to diagnose TBI. There is a lack of TBI research investigating
the brain’s response during the head impact event.
3Project Objectives
The objective of this research is to design and build a surrogate head apparatus to simulate
varying TBI and RHI events. The apparatus is designed to be modular, and can accommodate dif-
ferent head geometries and blunt impact loading conditions. The apparatus produces measurements
used to correlate an impact severity with the corresponding resultant forces and accelerations. An
ordered list of objectives, for this work, is as follows:
Objective 1: Start with an existing and proven method of applying a shaking force to a
specimen. Modify specimen arrangement and instrumentation for use with soft tissue simulants,
with appropriate loading conditions to measure a severe TBI impact response.
Objective 2: Optimize apparatus and shaker designs to allow the maximum acceleration/force
to be applied to the head system at desired frequencies. A trade-off exists in that the more robust
and massive of the apparatus to be excited, the less acceleration and consequent resultant skull
force can be imparted on the brain surrogate. Additional constraints of the head system include
cost and electrical power capabilities.
Objective 3: Build head system apparatus by considering a cylindrical geometry for the skull
and brain, for simplicity during the system validation process. Apparatus is integrated with a
data acquisition system for recording force and acceleration.
Objective 4: Create a full-factorial design of experiments (DOE) and perform testing to
evaluate capability of the head system.
Objective 5: Analyze data from cylindrical head system, which will inform the design of a
future head system with a realistic geometry. Address measurement issues, such as insufficient
instrumentation range, low measurement accuracy, inadequate measurement filtration, etc., and
re-evaluate for system robustness.
4Thesis Organization
Subsequent chapters in this thesis describe the progression of this research. Chapter 2 is an
extensive review of literature to aid in understanding previous research of TBI experiments and
simulations. In addition to past experiments conducted to investigate TBI mechanisms, the lit-
erature review also includes a section discussing the methods for quantifying TBI severity such
as the head injury criterion (HIC) and head impact power (HIP); as well a testing standards for
head protection defined by organizations like the National Operating Committee on Standards for
Athletic Equipment (NOCSAE) and American Society for Testing and Materials (ASTM). The
literature review discussion section evaluates the relevant results of each paper, and limitations
requiring additional investigation or connections with other research cited.
Chapter 3 describes the theory behind the head system apparatus designed. The experimental
design and validation details are also included in chapter 3. Prior to fabrication of the head
system, an optimization procedure was conducted to maximize the power input required to create
the surrogate brain’s shaking force. Details of the optimization are chronicled in chapter 3, along
with a discussion of the instrumentation applied and how the measured data was processed.
In chapter 4, the DOE performed to validate the head system is presented and discussed. Details
of each experiment are contained in appendix A, but the entire dataset are displayed in chapter
4. To conclude the thesis, chapter 5 re-evaluates the objectives of the research, summarizes the
conclusions, and also contains a future work section.
5CHAPTER 2. REVIEW OF LITERATURE
To define the head system requirements, a detailed literature review was performed. The
review first considers head impact research involving animals, laboratory testing, and cadavers and
humans. Next, a review of testing standards ranging from mathematical models to measurement
values is considered. Testing standards for protective devices are also detailed in this chapter,
followed by a discussion and summary concluding the literature review.
2.1 Past Research
This section of the literature review will first highlight past head impact research using animals.
The results of animal testing needs to be scaled to predict the head impact effects on humans. Next,
the review will explore impact testing in a laboratory setting. These laboratory tests are further
separated into tests using synthetic samples as well as fragments of human head samples. The last
part of this section describes human cadaver and lower impact level experiments using live human
subjects.
2.1.1 Animal Research
In excess of 25 academic papers reference a series of TBI studies, conducted between 1976 – 1977,
on live monkey subjects (Kanda et al., 1981). The TBI tests involved 18 specimens total; 11 rhesus
monkeys and 7 Japanese monkey (Macacus fascatus), to which a total of 74 blows or pneumatic
impactor strikes were applied. Specimens ranging from 4.3 to 13 kg were anesthetized with ketamin
hydrochloride and instrumented with various measurement devices, as described below. Within 10
seconds of a pneumatic impactor strike (in nearly every cases), the cognitive states of the monkeys
were examined. Once the subject was deceased, an autopsy was performed within 1 – 24 hours.
6The controlled tests by Kanda et al. (1981) involved nine single axis accelerometers (model
H-5108 Shinko Shoji), where three accelerometers were used per axis. A laser beam and photo-
transistor was employed to measure the speed of the impactor, and HYCAM, Redlake, STALEX,
and Weinberger high-speed cameras capable of 4,000 frames per second were used to capture the mo-
tion of the head and body. Additionally, vitals from each specimen was taken using a blood pressure
transducer (Nihon Koden MPV-0.5). Corneal reflex was recorded with an electroencephalograph
(EEG) (Nihon Koden EEG-4109) and a pen-writing oscillograph (Nihon Koden RJG-3034). Fig.
2.1 illustrates Kanda et al. (1981)’s experimental assembly (top) and the restraints used to strap
the subjects (bottom).
Figure 2.1: Kanda test setup (top) and specimen restraint (bottom). Reprinted from Kanda et al.
(1981) with permission.
Redundancy in instrumentation by using high-speed cameras, the laser beam and photo-transistor,
and nine accelerometers facilitated validation of the data collected from Kanda et al. (1981)’s ex-
periments. The tests focused on the vital responses of the specimen due to different impact events.
7A prediction of the internal brain mechanics, such as movement, is obtained after an autopsy and
not during the impact event. Based on Kanda et al. (1981)’s experiments, researchers have made
assumptions for how to scale the results for a human subject experiencing similar forces as the
monkeys.
Ommaya and Hirsch (1971) conducted one study, ten years prior to Kanda et al. (1981)’s tests,
investigating how to scale from an animal to a human. In the study by Ommaya and Hirsch (1971),
83 Rhesus monkeys, 42 squirrel monkeys, and 11 chimpanzees were used to investigate the effects
of brain injury based on animal size (Fig. 2.2). A piston actuated by compressed air was used to
impact the heads of the Rhesus and squirrel monkeys. The velocity of the piston was measured
using voltage generated as a magnet embedded in the piston passed through a stationary coil.
Impact force was sensed by a strain gauge dynamometer located between the piston and tip. A
larger scale piston device was adapted for the chimpanzee tests, with the same protocol applied to
measure the strain used in the stress calculation.
Head displacement was determined by measuring the motion, during an impact event, against
a background grid and this motion was captured by videos recorded at frame rates ranging from
3000 – 5000 frames per second. The head response was also measured with 1 gram single axis
accelerometers mounted rigidly to the skull. Holes were bored in the specimens’ skulls for place-
ment of intracranial fluid pressure transducers. Tuning of the oscillograph was performed at 1000
cycles/second, which implied that the direct writing oscillograph was the limiter on the frequency
response for testing. The tests by Ommaya and Hirsch (1971), while predating Kanda et al. (1981)’s
experimentation by nearly 10 years, paved the way for scaling of animal skull impact events to hu-
mans. The goal of the experiments by Ommaya and Hirsch (1971) and Kanda et al. (1981) were
to reproduce concussion-level, non-fatal blunt impact events, which is suitable for evaluating TBI.
Although an increase in knowledge of TBI in primates were obtained, the experiments did not
directly or indirectly quantify brain movement or the dynamic events occurring inside of the skull.
Sano et al. (1967) conducted experiments in Tokyo, during the late 1960’s, to investigate TBI
in ten monkeys. The monkeys were dropped at heights ranging from 3 m to 8 m (Fig. 2.3). Four
8Figure 2.2: Predicted Ommaya concussion level events based on brain mass. Reprinted from
Ommaya and Hirsch (1971) with permission.
electrodes were placed on the heads of the specimens (two-frontal and two-parietal region) and were
used to record EEG signals on a 10 kg Japanese monkey. A pressure gauge was implanted in the
extradural space at either the frontal, parietal, or occipital region of the skull, but it was noted by
Sano et al. (1967) that the pressure gauge data was unsatisfactory.
Other experiments recreating TBI in animals have been performed, such as Edward Dixon’s
experiments in 1990 – 1991 to simulate cortical impact in rats (Edward Dixon et al., 1991). Using
a pneumatic cylinder as the impactor, the velocity could be adjusted between 1.0 and 7.0 m/s.
This velocity is calculated from Linear Variable Differential Transformer (LVDT) measurements
(Shaevitz model 500 HR). The specimen in the work by Edward Dixon et al. (1991) were anes-
thetized and a 10 mm craniectomy was performed to allow the impactor tip to strike the brain.
This experimental setup was used to measure the cardiovascular and histopathological responses
of the rats, and not the brain movement from the impact. Accurate positioning of the brain, skull,
9Figure 2.3: Sano test setup and specimen. Reprinted from Sano et al. (1967) with permission.
or effects of the cerebral spinal fluid (CSF) was not monitored. This type of experiment is useful
in scaling analysis to understand mild TBI effects on humans.
A well documented experiment by Anderson et al. (1999) was conducted to compare theoretical
FEA models to real-world values of ten live sheep that were subjected to single lateral impacts
from a captive bolt gun to evaluate head kinematics. Animals were anesthetized and mechani-
cally ventilated. While the animal was in a non-alert state, the central venous pressure (CVP),
core temperature, arterial blood pressure (ABP), intracranial pressure (ICP), and a sagittal plane
electrocardiogram (ECG) were measured for 30 minutes before, during, and 2 to 4 hours after the
impact event. A 3-2-2-2 accelerometer array (Bruel & Kjær type 4901), as detailed in section 2.2,
was used to measure both linear and rotational accelerations. The fixture for the accelerometers
was redesigned, since compliance\yielding from the several parameters; such as the previous use
of spacers, distance of accelerometers from the skull increased relative motion, and addition of a
tenth accelerometer attached directly to the skull provides an independent reference, in the original
experiments performed in 1997 warranted further testing (Anderson et al., 1997). The frequency
response of the Bruel & Kjæ accelerometers used is 0.1 Hz to 16 kHz. Additional intracranial
instrumentation included two Endevco R© model 8514 pressure transducers with a range of 0 to 50
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psi. A modified Schermer MKL captive bolt gun, with a 395 g striker mass and a variable velocity
with a 40 m/s upper limit, was used to apply the impact to the sheep. The range of head impacts
possible correlates to impact forces between 5 and 8 kN, over a duration of 2 to 3 ms, depending
on the velocity setting. Each experiment was recorded with an unspecified camera brand capable
of 1000 fps. Following euthanasia of the animal, the cranial cavity was opened and the brain was
extracted and sectioned at 5 mm intervals. Sections were examined to detect the amyloid precursor
protein (APP), which is a biomarker of axonal injury as described in the introduction (chapter 1).
The experiments conducted by Anderson et al. were to validate FEA modeling tools, which was
very crude at the time of the paper (Anderson et al., 1997, 1999). Only ten specimen were tested, so
the authors noted the desire to conduct additional animal testing to increase the sampling number
(Anderson et al., 1997, 1999).
Hodgson et al. (1966) conducted experiments to determine the brain’s displacement during an
impact event, using seven anesthetized dogs. Lead “tags”, with a 0.1-in. length, were cut from fine
solder and were injected into the brain of the dog. The brain specimen were impacted with a 12
lb striker traveling at a speed of 18.2 ft/s. An x-ray of the brain was taken pre-impact, by using a
switch to trigger x-ray recording when the striker was at maximum extension. Post-impact x-ray
of the brain was also recorded when the striker’s extension had reset. Indirect measurements of
the brain’s displacement during the impact event were made using x-rays of the lead tags’ motion.
Additionally, the experiments showed that the brain did not permanently deform since it would
return to the initial location (Hodgson et al., 1966). This method of tracking tags via x-rays during
an impact event would be improved using cadavers, as chronicled in section 2.1.3.
The literature show other experiments involving animals, which were conducted to evaluate the
response of a head system during blunt impact events.
Sulaiman et al. (2014) subjected nine adult monkey skulls to three different weapon style im-
pacts, to evaluate conditions for skull fracture. Unlike the Kanda et al. (1981) experiments, Su-
laiman et al. (2014) utilized deceased monkey heads in the experiments and did not investigate
concussions. A force generator of an unknown construction was used to apply two forces with a
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magnitude of 12.5 N per skull and one 25 N force per skull. Scaling the events with the Head In-
jury Criterion scale, further discussed in section 2.2, allows the forces required to fracture a human
skull to be predicted. The primary focus of Sulaiman et al. (2014)’s research was to quantify the
forces required to fracture a skull, by considering homicide instruments commonly used in Malaysia.
These instruments, such as Warrington hammers and hockey sticks, result in appreciable homicide
statistics in Malaysia. The resulting brain injury, from the head impacts, were not Sulaiman et al.
(2014)’s focus for the study.
Coetz (2015) performed a series of experiments where a pneumatic striker was utilized to apply
an impact to a suspended baboon’s head (Fig. 2.4). Various aspects of the test were similar to the
work by Sulaiman et al. (2014), but Coetz (2015) had a larger sample size (27 baboons), improved
apparatus design capable of various test conditions that included a suspended sample to mimic
neck motion, and measurements to determine force via two sets of diametrically opposed strain
gauges placed a third of the way down from the impactor. Similar to Sulaiman et al. (2014)’s
experiments, the purpose of Coetz (2015)’s study was to investigate incident skull fractures due to
varying impact events and did not investigate inner brain motion or reactions.
Figure 2.4: Coetze’s hammer test setup featuring a pneumatic ram, and specimen mounting.
Reprinted from Coetz (2015) with permission.
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2.1.2 Laboratory Testing
As is the case with many tests investigating TBI, certain aspects of the injury are isolated and
individually investigated instead of as a system. Several TBI experiments have been performed on
tissue surrogates/simulants to allow for greater control over the testing. For example, experiments
have been conducted to study the effects of pressure waves on an artificial skull systems filled with
water (Kenner and Goldsmith, 1973). The water represented the brain. Two different spherical
shells were turned on a lathe using 2024-T351 aluminum and acrylic plastic, respectively. The
spheres were 188 mm in diameter and was a two piece design, to facilitate instrumentation before
affixing both halves to one another. Impact to the shells were performed with 12 , 1, and 2 inch
diameter hardened steel spheres on a pendulum setup with 39 inch long strings (Fig. 2.5). This
test considered a surrogate head system consisting of a skull and brain simulant (Kenner and
Goldsmith, 1973). Furthermore, the study validated the use of turned acrylics as a material for a
skull surrogate.
Figure 2.5: Diagram of the experiment apparatus used. Reprinted from Kenner and Goldsmith
(1973) with permission.
Research utilizing a spherical head system was also performed by Lubock and Goldsmith (1980).
Similar to Kenner and Goldsmith (1973), Lubock and Goldsmith (1980) also considered an acrylic
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as well as an aluminum sphere (188 mm in diameter) representing the skull. The sphere was filled
with four different fluids to study the pressure differentials inside the skull for detecting when
cavitation will occur. The fluids used in the study were distilled water, glycerin, Fluorinert, and
an artificial CSF. A cadaver skull was also used in some of the experiments, but not to detect
cavitation bubbles since the skull is not transparent. Rather, the cadaver skull was used to validate
the pressure differential values from the experiments using the acrylic sphere.
Lubock and Goldsmith (1980) created a blunt impact by firing an air gun with a 21 gram
projectile at the “skull” or dropping the 188 mm spherical aluminum shell, which has a mass of
3 kg, from a height of 25.4 mm suspended as a pendulum by a 609.6 mm long cord. Stresses on
the skull was measured using two series-connected 3.175 mm long BLH foil gauges (part number
FAE-12-12-S9L). To capture the different pressures within the skull, tourmaline pressure transducer
disks were suspended inside the skull with rubber bands in predetermined locations. A Hycam 16
mm camera captured the impact events with frame rates ranging from 4000 to 8000 frames per
second. Finally, the head system was integrated with an artificial neck developed by General Motors
Corporation. Displacement of the shell/neck joint was measured with a dial gauge that measured in
0.025 mm increments which was then cemented to the cylindrical portion of the aluminum coupling.
The use of the Hycam camera at a nominal rate of 3500 pictures per second allowed for dynamic
measurement of displacement.
The largest cavitation bubble observed was an order of magnitude less than predicted by the an-
alytical spherical model in Lubock and Goldsmith (1980)’s study. Thus, a revision of the analytical
spherical model is required, which will also improve the accuracy of the pressures calculated when
compared with the pressures measured from the experiments. Lubock and Goldsmith (1980)’s re-
search helped reinforce the coup and contrecoup cavitation prediction. While the analytical model
helped to understand the cause of petechial countrecoup hemorrhages resulting from impacts, the
behavior of the actual brain movement or the contribution of the CSF layer between the brain and
skull is not addressed.
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Guided by the experiments of Kenner and Goldsmith (1973) and Lubock and Goldsmith (1980),
Johnson and Young (2005) created a similar pendulum setup with masses that ranged from 47 to 262
grams. A Kodak EM high-speed camera, with a sampling rate of 10,000 fps, was used to calculate
the displacement of the impactor. A Kistler 8704B single axis accelerometer was used to measure
acceleration, as seen at the rear of the pendulum in the bottom right segment of Fig. 2.6. The
displacement was calculated given the mass of the impactor and measured acceleration. A skull
surrogate was created using rapid prototype technology and high-resolution magnetic resonance
images (MRI) of a human head. Johnson and Young (2005)’s study was focused on the ability of
emerging rapid prototyping technology to create biofidelic skull models, fabricated from synthetic
materials, for use in TBI experiments.
Figure 2.6: Johnson’s water filled sample and instrumentation. Reprinted from Johnson and Young
(2005) with permission.
Experiments were performed by Ljung (1975) to analyze brain movement. To analyze rotational
effects of a brain inside of a skull, a simplified head system was created by placing a cadaver brain
inside of a cylinder. The experiment utilized a cylinder with a radius of 30 mm. A pneumatic
piston, connected to opposite sides of the head system using a steel wire, was pulled in opposite
directions to create a rotation about the z-axis (Fig. 2.7). Angular displacements were calculated
using images recorded from a camera at 5000 fps camera and a projecting microscope was used to
view/measure displacements of the film. Several pins were inserted into the brain core to facilitate
measurement of displacement at various points around the circumference. As the cylinder around
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the brain rotates, the brain is also rotated. The brain’s deformation about the rotation axis is then
quantified. Images from the camera are used to calculate angular rotation. The location of the
pins implanted in the brain and also the displacement at different radii are applied to calculate the
shear modulus (Ljung, 1975).
Figure 2.7: Apparatus used in Ljung’s experiment. Reprinted from Ljung (1975) with permission.
As noted in Ljung (1975)’s results, there was significant variation in the data due to variability of
the brain’s biomechanical material properties from sample to sample. Variability is one limitation
of using cadaveric brain samples. Additionally, during tests to determine the brain’s material
properties, the brain’s samples were not rotated in a fluid (e.g. CSF) to determine the rotational
resistance while inside of a skull. The experiment was not directly measuring accelerations or forces,
and is very limited in data that will increase understanding of TBI mechanisms.
Margulies et al. (1990) performed experiments using two adult baboon skulls and one adult hu-
man skull sample to investigate brain motion. Using skulls with interior features that are anatom-
ically correct, a surrogate falx (in the midsagittal plane) was installed to separate the brain halves
(Fig. 2.8). The skulls were sealed with a transparent plate to allow video capture of the brain’s
response to an impact event. A transparent synthetic silicon gel (Dow Corning Corporation) was
poured into the skulls, since the Young’s modulus of the gel was comparable to human brains. The
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mass of the gel in the experiments was also comparable with the brain’s mass for a baboon and
human. The first layer of gel was poured and set in each of the three skulls. A grid was painted
with a 1.5 mm grid spacing on one of the baboon and human skull samples, while a 3 mm grid
spacing was painted in the remaining baboon skull sample. The second layer of gel was then poured
bringing the last layer flush with the cut surface of the skulls. A HYGETM accelerating system
applied an angular rotation, up to a 65◦ arc angle, to the head system in a controlled manner.
A HYCAM high-speed camera, sampling at 6600 frames per second, recorded the movement. An
Endevco R© accelerometer was used to measure the acceleration (Margulies et al., 1990).
Figure 2.8: A baboon skull sample (left) and human skull sample (right) with falx installed. The
insides were painted white for higher contrast before transparent gel was added. Reprinted from
Margulies et al. (1990) with permission.
Video capture of the surrogate brain (gel) movement was used to calculate strain in three-
dimensional (3D) space. The research was not focused on the forces present in the skull, and did
not include the brain’s interaction with a CSF layer. The research could benefit from increased
instrumentation and inclusion of a CSF layer.
2.1.3 Cadaver and Human Testing
Gurdjian et al. (1970) subjected human cadaveric skulls and human volunteers to impacts, to
capture and quantify the skull’s resonant frequency. The skulls were either empty or filled with
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silicon gel. An Endevco R© (model 2110) impedance head model was used for instrumentation of
each specimen. Impedance head models are devices which measure force and acceleration in a
single package. The accelerometer measured ± 500 g while the force transducer was capable of
measurements ± 2225 N. Both acceleration and force measurements were strictly on a single axis.
A skull sample is sandwiched between the impedance head model and a small striker, capable of
applying a 2 lb or 4 lb force (Fig. 2.9). Due to the low forces applied in these experiments, human
volunteers were also used in the study by Gurdjian et al. (1970). The live human subjects endured
a 1 lb peak-to-peak vibration force to determine the resonant frequencies of the head. The 1st, 2nd,
and 3rd modes varied by 40 Hz, when comparing the results of the live human and cadaveric skull
(Gurdjian et al., 1970).
Figure 2.9: Test setup measuring the impedance of a cadaver skull. Reprinted from Gurdjian et al.
(1970) with permission.
The research by Gurdjian et al. (1970), which investigated the human skull’s resonant frequen-
cies, is beneficial for studying the response of a dynamic head system. In particular, for identification
of frequencies that will result in the most brain damage. Consequently, protective headgear can be
designed to avoid those identified resonant frequencies. Incorporating a head system that includes
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a skull, brain, and CSF, into the experimental setup of Gurdjian et al. (1970) would further extend
the results obtained.
Cormier et al. (2011) fractured male cadaver skulls using a 3.2 kg cylindrical impactor traveling
with velocities between 1 to 5 m/s. The maxilla region of the skull, which is the area near the center
encompassing the nasal opening all the way to the teeth of a skull, was the area of impact. This
area of the skull is susceptible to fracture, since it is located at the front of the head and damaging
this region can have significant repercussions on the other connected structures. The maxilla region
is illustrated in Fig. 2.10, along with the test apparatus used by Cormier et al. (2011).
Figure 2.10: Cormier’s test setup. Reprinted from Cormier et al. (2011) with permission from
ASME.
19
A free falling mass, placed on a guide rail, was used to impact the maxilla region of the cadaver’s
skull. Two Endevco R© (model 7264B-2000) single axis accelerometers and a Denton (8617JTF) load
cell was used to measure acceleration/deceleration and force, respectively. Inertia was computed
using data from the accelerometers and load cell. A third accelerometer (Endevco R© model 7264B-
2000) was placed at the top of the mass to provide redundancy in the measurement. To directly
measure the impact area, a 0.2 – 0.6 MPa pressure film (Fuji Film) was placed on the surface of
the impactor before each test. The occipital region of the cadaver skulls were placed in putty (i.e.
Bondo). This putty was first placed on a semi-circular polycarbonate support, so that the Bondo
would harden to match the contours of the skull’s occipital region.
The purpose of Cormier et al. (2011)’s test was to measure the frequencies of the skull due to
impact. The soft tissue at the center of the forehead was removed, to affix a Micro30S acoustic
emission sensor with glue. The acoustic emission sensor measured the frequencies corresponding to
skull fracture. A total of 24 head samples and 38 tests were performed.
As with the Gurdjian et al. (1970) test, Cormier et al. (2011)’s experiments progressed the
understanding of resonances in a skull. The impacts applied by Cormier et al. (2011) had high
forces, which caused fracture level events. A correlation between the blunt impact even was made
with skull fracture, but not brain injury. While various experiments have been performed to scale
the severity of impact with TBI, direct measurement of brain movement was not the focus of
Cormier et al. (2011)’s study.
Previously, Nahum et al. (1977) conducted experiments using two different cadaver skulls and
correlated the impact force with intracranial pressures. Nahum et al. (1977)’s paper considered the
human body as a dynamic system, which is illustrated in Fig. 2.11. With treatment of the head
as a dynamic system, the force exerted by the brain during an impact can be indirectly measured
using the intracranial pressures.
Trosseille et al. (1992) conducted various impact tests on cadaver heads to study the effect of
CSF pressure. High resolution measurements, of skull movement, were made using an array of 12
accelerometers screwed to the occipital region (shown in Fig. 2.12). Miniature pressure transducers
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Figure 2.11: Nahum created a mathematical dynamic system model to analyze brain movement
and forces. Reprinted from Nahum et al. (1977) with permission.
were used to measure pressures in the ventricular region and also the subarachnoid space, which is
the space between the skull and brain where CSF is present. The ventricular region is considered
as brain’s center area.
Each cadaver’s CSF was re-pressurized and the facial region was impacted by a 23.4 kg impactor
at a rate of 7 m/s. Trosseille et al. (1992)’s experiments was an extension of earlier research, such
as monkey impact study by Kanda et al. (1981). Various FEA studies of the skull, brain, and
CSF system use Trosseille et al. (1992)’s results to validate the simulation (Willinger et al. (1999);
Horgan and Gilchrist (2004); Kleiven (2006); Mao et al. (2013). Assumptions applied during the
FEA include a homogenous brain structure, viscoelastic properties, minimal CSF displacement
outside of the subarachnoid space, and a rigid skull to prevent damping of the pressure waves.
These assumptions aid in correlating the brain and skull movement with pressure. While the
assumptions made to conduct FEA are logical, experiments using an actual brain, CSF, and skull
system is necessary to quantify the error between the experiment and simulation (Willinger et al.,
1999).
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Figure 2.12: Image illustrating occipital region of skull courtesy of wikipedia.org
In the last two decades, Wayne State University has studied brain movement non-invasively
using both Neutral Density Accelerometers (NDA) and Neutral Density Targets (NDT). The NDA
and NDT were implanted into cadaver brains and evaluated during controlled low-speed impacts
(Hardy et al., 1997, 2001). The NDT is made of tin, with a diameter of 2.5 mm and a length of 5
mm. Occipital and frontal impact experiments with a high-speed bi-planar x-ray system measured
the NDT positional changes (Fig. 2.13). The experiments used 14 NDT per specimen. The use of
NDT yielded high resolution measurements of brain deflection during an impact event, versus only
a single image during testing as in Hodgson et al. (1966)’s experiments.
Two Shimadzu (AI5765HVP) x-ray generators provided a continuous non-gated stream. Three
Shimadzu (UD150B-10) image intensifiers were placed around the specimen. The image intensifiers
had a sample rate of 3000 Hz and were placed 120 degrees apart from each other. Two different
Phantom cameras, both by Vision Research, were used during the impact tests. The first camera
was a Phantom v4 with a 512 x 512 pixel resolution. The second camera was a model Phantom v9.1
and had a higher pixel resolution of 1024 x 1024. Both cameras were capable of 1000 fps with 300
microsecond exposure and the reason for the camera change was the release of the higher resolution
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V9 occurred midway through this experiment. The high-speed cameras allowed for precise tracking
of the NDT movement.
Figure 2.13: X-ray of an instrumented head with NDT’s Hardy et al. (2007).
Instrumentation included cranial pressure transducers (CPT) by Entran (EPB-B02-500P), which
recorded data at 20,000 samples per second. An antialias 8-pole Butterworth filter was used to
reduce noise inherent with pressure transducer signals. There were also nine Endevco R© (7264C-
2kTZ) single-axis accelerometers attached in the 3-2-2-2 tetrahedral configuration, capable of 2000
g. The accelerometers was affixed to the open face of the subject to monitor overall movement.
The conditions studied by Hardy et al. (2001)’s research, include parameters such as CSF
pressure, brain displacement, and accelerations of the skull which are important for studying TBI
caused by linear and angular motion. Hardy et al. (2001)’s research applied instrumentation and
an x-ray system to non-invasively track brain movement during skull impact, using a head system
that includes CSF.
Bayly et al. (2005) conducted low impact experiments using live human subjects; 2 male and
1 female with ages between 22 and 39 years old. Each subject was individually placed with his or
her head inside of a Siemens Sonata 1.5T magnetic resonance (MR) scanner. The head support
was connected to a cord, which when pulled would cause a 2 cm drop with a peak deceleration of
2 – 3 g and an event duration of 40 ms. Each subject wore a PCB 336C04 accelerometer on his or
her head. The test indirectly monitored brain movement under a deceleration event (Bayly et al.,
2005).
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2.2 Testing Standards
The Wayne State Tolerance Curve (WSTC) sets limits for concussion-level injuries, while the
Head Injury Criterion (HIC) specifies and predicts the severity of the injury. HIC was defined by
the National Highway Traffic Safety Administration (NHTSA), in 1972, and can also be used to
scale experimental impact data; for example, scaling monkey data to human data using the results
from Kanda et al. (1981)’s study. The WSTC was first proposed by Lissner and Gurdjian (1960)
and tests conducted to generate the curve’s data started in the early 1960’s by Gurdjian et al.
(1961). The tests consisted of impacting cadaver heads and using x-rays to correlate skull fractures
with the impact event.
Patrick et al. (1963) conducted experiments where the forehead of embalmed heads were dropped
from fixed distances onto a hard flat surface. The purpose of these tests was to correlate impact
magnitude with skull fracture, so instrumentation to measure the skull’s deflection or force was not
included.
Part of the data used to generate the WSTC scaling, developed in 1963, was due to the hu-
man tolerance experimental results by Eiband (1959). In Eiband (1959)’s experiments, vitals of
occupants restrained in sleds, which were rapidly accelerated and decelerated, were measured.
Specifically, the pulmonary and physical effects of varying the acceleration rate and peak acceler-
ation was measured. Lower acceleration severity events contained human subjects, while accelera-
tion/deceleration events upward of 1400 g/second to a peak of 65.5 g were conducted using supine
chimpanzees. The highest sled acceleration/deceleration tests caused severe cardiovascular shock
to the chimpanzee, but no physical injury. The vital response of humans restrained in sleds, which
accelerated to at most 35 g at a rate beyond 3000 g/second, is proposed to produce symptoms
of shock. Acceleration of the occupant’s sled was caused by an explosively propelled catapult.
35 human subjects participated in Eiband (1959)’s experiments. The tests utilizing humans and
chimpanzees was useful for scaling data for primates (Fig. 2.14). Additionally, Eiband (1959)’s
experiments facilitated scaling of Kanda et al. (1981) experiments using monkeys, by using the
data obtained from the vital response of humans and primates following an acceleration/decelera-
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tion event. By understanding the physical response to varying accelerations, the scaling to higher
severity impact events can be performed. Details of the accelerometers used by Eiband (1959) was
not listed in the publication. However, Eiband (1959)’s research provided insight into the physical
response of primates and humans following an impact event involving acceleration/deceleration.
Figure 2.14: Data from several Eiband experiments. This figure is taken from NASA-MEMO-5-19-
59E, HUMAN TOLERANCE TO RAPIDLY APPLIED ACCELERATIONS: A SUMMARY OF
THE LITERATURE, Author: Martin Eiband, and used with the permission of NASA.
In 1966, research laboratories at General Motors Corporation created the Gadd Severity Index
(GSI), which is described by equation 2.1 (Gadd, 1966). GSI is used to quantify the severity of
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injury given the peak acceleration versus acceleration rate, and was created using the experimental
data from Gurdjian et al. (1961); Lissner and Gurdjian (1960); Eiband (1959).
GSI =
∫
[a(t)]ndt, (2.1)
where a is acceleration, n is a dimensionless weighting value, and t is time. Given a GSI in excess
of 1000, subjects assume danger to life if n is equal to 2.5; a value generally assumed from frontal
blows or impacts.
NHTSA refined the GSI equation to yield the Head Injury Criterion (HIC), which is a curve
described by equation 2.2 and is used to quantify the severity of head impact (Versace, 1971). The
HIC curve calculates the severity of an impact by using the head acceleration and total time of an
impact event. NHTSA generally uses a GSI/HIC limit of 1000, as the critical value for evaluating
safety standards such as Federal Motor Vehicle Safety Standards (FMVSS) number 208. FMVSS
208 is used to regulate the performance requirements for the protection of vehicle occupants in
crashes.
HIC =
(
1
(t2 − t1)
∫ t2
t1
a(t)dt
)2.5
(t2 − t1), (2.2)
where a is acceleration and t is time.
In 1999, NHTSA published a document detailing the history and some of the scaling used
for various automotive test standards and limits for advanced automotive restraint systems. The
paper’s sections include: background, testing methods, and proposed update to test the severity of
head, neck, thoracic, and lower extremity injuries sustained in automotive collisions. HIC values,
predicting the likelihood of head injury due to an impact, for 12-month-old infants and 3-year-olds
are 660 and 900, respectively; compared to a HIC of 1000 for adult males and females, which
corresponds to a 90 percent probability of moderate head injury. A HIC of 250 is an accepted value
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for a concussion level event in an adult. Another scaling factor used by NHTSA is equation 2.3,
which is applied to assess injury due to differences in an occupant’s size (Eppinger et al., 1999).
λHIC =
(λE)
2
(λL)1.5
, (2.3)
where λE is a material scale factor that is used if the material being scaled has a different
Young’s modulus from a skeleton, and λL is a head length scale factor. This formula follows the
Wayne State Tolerance Curve for skull fracture level impact events (Fig. 2.15).
Figure 2.15: Wayne State Tolerance Curve used to develop the HIC curve. Figure referenced by
Snyder (1970).
The Ohio State University (OSU) proposed an improvement to the instrumentation scheme for
investigating head kinematics, for NHTSA tests described by the FMVSS. A 3-2-2-2 nine accelerom-
eter array package (NAAP) was used to directly measure linear acceleration, which accurately
measures motion in 6 degrees of freedom. The angular acceleration is computed from the NAAP
measurements. The technique for computing the angular acceleration was developed in 1975, and
has been used in a myriad of measurement standards (Padgaonkar et al., 1975). An improved
method for the NAAP configuration was proposed by OSU, which considered six accelerometers
and three angular rate sensors (ARS), to directly measure angular velocity and linear velocity and
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is referred to as a t6aω method (Fig. 2.16). This combination of accelerometers and ARS was
an improvement over the NAAP, since the number of numerical integration required was reduced.
To validate the proposed sensor configuration, a comparative study was conducted between the
traditional NAAP and t6aω scheme using a Hybrid III head/neck setup. A tetrahedron fixture was
built and consisted of nine Endevco R© (7264C 2K) accelerometers in the traditional NAAP setup.
A modified tetrahedron setup was also built, using six Endevco R© (7264C 2K) accelerometers and
three DTS ARS-18K angular rotation sensors. The Hybrid III head/neck setup was subjected to
various impacts with HIC values ranging between 319 and 1820. Data was sampled at 20,000 Hz
in all cases. In 13 randomized tests, the results from evaluation of angular and linear accelerations
(NAAP vs. t6aω) were compared against each other using normalized root mean squared deviation
values. The angular acceleration error was compared to NAAP at less than 5%, while the linear
acceleration values can only be more accurate than NAAP since t6aω directly measures this value
versus calculating it making t6aω a potentially more accurate measurement scheme (Kang et al.,
2015).
Figure 2.16: Ohio State’s tetrahedron setup. Accelerometers in black, ARS in blue. Reprinted
from Kang et al. (2015) with permission.
Angular acceleration, in blunt impact events, significantly influences the severity of head injury
(Holbourn, 1945). Thus, improvements in measurements of the head’s angular rotation during an
impact is important for understanding TBI mechanisms.
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2.3 Correlation with Head Protection
While the HIC formula has been used to estimate TBI severity, the equation considers injury
attributed to linear acceleration. In 2000, a new metric of predicting head impact severity that
included angular acceleration was proposed and was referred to as the Head Impact Power (HIP)
(Newman et al., 2005). The HIP criterion is shown in equation 2.4. The severity index using HIP is
much longer than the HIC formula, since linear and angular acceleration contributions are included.
Experiments conducted to formulate HIP consisted of using dedicated cameras during American
football games. The cameras were used to determine the velocity of two helmets colliding and also
the relative positions and orientations of these helmets.
Calibration of the cameras, for the kinematic analysis, was performed given information about
the camera location, angles, and by reproducing simple helmet collision events using motorized
utility carts traveling in straight lines. The camera angle error was low, with a value of 1.6◦. In one
scenario recreating the helmet impact, the speed calculation error was 1.2%. Two other scenarios
of the impact yielded speed error calculations of 10.6% and 11.3%. These cases demonstrate a
worse case scenario resulting in errors from scaling and digitization of the video images. The head
collisions were recreated in a laboratory setting using two helmeted Hybrid III dummy heads, since
recording kinematic data during game play was not practical (Fig. 2.17). The rebound of the
helmeted dummy heads were used to gauge the effectiveness of simulating the field conditions.
Validated reproductions of impact conditions were analyzed with accelerometers that were in-
strumented within the helmets. Nine uniaxial Endevco R© (7264B-2000) accelerometers, in an or-
thogonal arrangement, was inserted into the helmets to allow for linear and rotational accelerations
determination. Angular acceleration was also measured directly using Endevco R© (7302B-M4) an-
gular accelerometers.
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Figure 2.17: One of Newman’s experimental setups to reproduce a helmet-to-helmet contact event.
Reprinted from Newman et al. (2005) with permission.
HIP = C1ax
∫
axdt+ C2ay
∫
aydt+ C3az
∫
azdt︸ ︷︷ ︸
linear
+C4αx
∫
αxdt+ C5αy
∫
αydt+ C6αz
∫
αzdt︸ ︷︷ ︸
angular
,
(2.4)
where the C coefficients are chosen to normalize the index with respect to some failure level, a is
linear acceleration, α is angular accleration, and t is time. The experiments conducted by Newman
et al. (2005) quantified a head impact event using linear and rotational accelerations. However, the
study did not consider the internal effects of the brain. While HIP provides a severity index that is
more accurate than HIC, the mechanism of the TBI are not analyzed. Newman et al. (2005) also
presented potential error sources in the research, such as:
• Inaccuracies from noise or bias, due to the data acquisition system. Errors attributed to
inaccuracies were up to 7%.
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• The largest error sources came from the estimation of relative impact velocities. The error in
the impact velocity calculations could be as much as 11%.
• The reconstruction methods were sometimes challenging. As a result, errors for the peak
angular accelerations were up to 25%.
Bazarian et al. (2014) published a study in 2014 that directly measured impacts. A total of
ten male athletes, at the University of Rochester football team, were asked to participate in the
study. Of the ten football players, five were eligible for the experiment. The main goal of the study
was to evaluate repeated head impact (RHI) in youth sports. Using Riddell Revolution IQ helmets
(Riddell Corporation; Elyria, OH), a special head impact telemetry systems (HITS) by Simbex
LLC records 40 milliseconds of accelerometer data when triggered. When a player’s head exceeded
10 g’s of acceleration, the data acquisition would record 8 ms before the trigger and 32 ms after
the trigger. Six single-axis accelerometers were embedded in the helmet. The system broadcasts
the data using a wireless transmitter in the player’s helmet at frequencies ranging between 902 –
928 MHz, where the data is collected on a sideline controller for further analysis (Bazarian et al.,
2014). While this research primarily evaluated the long term effects of repeated helmet impacts,
if paired with data describing the conditions of impact, parameters for testing a surrogate head
system in the laboratory can be identified. Additionally, the instrumentation and test procedures
applied for helmets can be useful for designing a head system to investigate the brain’s response to
blunt impact.
The National Operating Committee on Standards for Athletic Equipment (NOCSAE) set guide-
lines for testing helmets used by the National Football League (NFL). To replicate concussion-level
impact events, seen in American football, a minimum impact velocity of 9.3 m/s ± 1.9 m/s was
used in the NOCSAE tests (Pellman et al., 2006). A helmeted Hybrid III dummy head was used to
measure forces and accelerations beneath the helmet, by impacting the head using a mass swung
by a pendulum at velocities ranging from 7.4 m/s to 9.3 m/s (Fig. 2.18). For higher level impacts,
a linear pneumatic impactor was used to increase the velocity of impact to 11.2 m/s.
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Figure 2.18: Pellman’s pendulum setup measuring impacts at different locations and angles.
Reprinted from Pellman et al. (2006) with permission.
The Hybrid III head used in (Pellman et al., 2006)’s test featured a 3-2-2-2 accelerometer
array, which allows direct measurement of linear acceleration in three axes. However, rotational
accelerations have to be calculated from the accelerometer array. Endevco R© (model 7264A-2000)
accelerometers, which are capable of 2000 g, were used in the experiments. The top of the Hybrid
III dummy’s neck’ utilized a six-axis load cell and all data was sampled at 10 kHz. The impactor
was comprised of a 152 mm diameter cylinder, with a lateral force of 350 N ± 25 N potential from
the 19 kg mass.
The instrumentation and test setup used by Pellman et al. (2006) was of high quality, with
accurate measurements from the accelerometers and load cell. Using surrogate materials for the
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head allowed experiments to be repeated, without factoring the influence of degrading biological
samples on the test results. The data collected with the pendulum impactor test versus pneumatic
was comparable, which demonstrated that either method is acceptable for helmet testing. Pellman
et al. (2006)’s tests provided a method for impacting a stationary helmeted head to assess a helmet’s
ability to damping an impact. The effects of the head system on TBI were not evaluated. Addi-
tionally, the impacts were a single event. So, the effect of resonant frequencies on a multiple-degree
of freedom system such as a skull, CSF, and brain were not evaluated.
The American Society for Testing and Materials (ASTM) published standards (e.g. F429 -
01) describing the methods and values to apply in an apparatus for helmet testing (American
Society for Testing and Materials, 2007). In the test, a single apparatus setup is used to create a
controlled drop of a helmet covering a metal head-form that collides with a fixed Modular Elastomer
Programmer (MEP) pad (Fig. 2.19). An accelerometer is embedded within the head-form. The
drop height corresponds to the height that will create a 389 g ± 4 g deceleration when the bare
head-form impacts the MEP. A baseline test, before and after each test series, is performed to verify
consistency. Specifications for the head-form, MEP durometer, thickness, etc. are all detailed in the
standard. The accelerometer specification requires a 500 g capable transducer, with an accuracy ±
5% and a data acquisition sampling rate of at least 1350 Hz.
In 1971, NOCSAE contracted Wayne State University (WSU) to develop helmet standards by
testing all major brands of American football helmets (Hodgson, 1975). The tests analyzed 13 adult
male cadaver heads to determine the mass-moment of inertia, weight, and geometries. From the
analysis, a head model was created with a silicon gel brain, silicon rubber skin, and a rubberized
and reinforced leather neck. At the time of these tests, HIC was becoming the standard severity
indicator and the Gadd SI scale was also used by researchers. Since the Gadd SI is typically 15–18%
higher than HIC, a maximum SI value of 1500 was avoided. After dropping 74 different helmets
from a height of 60 inches, the average SI calculated was 812 (Hodgson, 1975). This severity index
represented a 164 g deceleration.
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Hodgson (1975) presented findings from the drop tests, but did not detail the test setup’s instru-
mentation. As with the ASTM (American Society for Testing and Materials, 2007) specification
for testing helmets, the NOCSAE standards did not record displacements but only velocities and
deceleration.
Figure 2.19: NOCSAE-WSU test setup with a sample at rest. Reprinted from Hodgson (1975)
with permission.
Initial tests of motorcycle helmet standards (Snell 1975, FMVSS 218, and British Standard
(2001)) determined that individuals wearing helmets that meet these standards would all result
in a concussion. Using a drop tower that conforms to the American Standards Association Z90.1-
1971, a helmeted head-form was tested. The drop tower was similar in construction and style as
the apparatus for ASTM helmet testing. The drop tower was instrumented with three Kistler type
9021 load washers beneath the force plate (MEP), for measuring the impact force. A single uniaxial
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accelerometer was mounted in the head-form, near the center of gravity (C.G.) (American Society
for Testing and Materials, 2007).
In 1986, Rolsten and Haley Jr (1986) conducted several tests of helmets to asses the effec-
tiveness of helmet standards and quantify the forces transmitted to the head following an impact
to a helmeted individual. The peak acceleration and peak force were measured. Based on the
WSU/HIC levels, Rolsten and Haley Jr (1986)’s study showed that a revision of helmet standards
was warranted. In 1997, the U.S. Department of Transportation (DOT) concluded revisions to
FMVSS 218, which had changed little since 1974 (Thom et al., 1997). The revised FMVSS 218
standard decreased the peak headform acceleration fail criteria from 400 g’s to 300 g’s and included
changes to the test apparatus design.
Headform testing using 72 helmets, which were separated into three categories of 27 helmets, was
performed by Rolsten and Haley Jr (1986). The three categories of helmets were group A: ABS,
group b: polycarbonate, and group 3: fiberglass and polyester resin. Each helmet, in a group,
was further categorized by three sizes: XS, M, and XL; with the exception of group C, which
substituted XL for L. Each test was performed on two identical helmets to increase the sample size.
An additional 36 tests with an International Organization for Standardization (ISO) headform
was also conducted, to compare the DOT versus ISO headform on the helmet test result. The
test equipment by Rolsten and Haley Jr (1986) was significantly more complicated than current
FMVSS 218 testing requires, but this was purposely done to evaluate the influence of various
factors. Two such factors are (i) only guiding the headform until impact to not influence the
rebound response and (ii) using tri-axial accelerometer instrumentation to improve measurements
of the peak acceleration between multiple axes. Another item evaluated was dwell time limits for
certain deceleration events. Dwell time is the time an event is beyond a certain threshold. For
DOT, the dwell time is 2.0 ms above 200 g and 4.0 ms above 150 g. Peak accelerations were of
interest, so the directional or rotational accelerations were not considered in the tests.
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2.4 Discussion
The literature shows that experiments have been conducted, using animals, to investigate TBI.
Sano et al. (1967) conducted drop tests using monkeys and presented EEG data of the neurological
response during the impact. The next evolution of TBI testing was by Ommaya and Hirsch (1971),
where the heads of monkeys and chimpanzees were impacted to investigate how to scale brain
injury with animal size. An extension of Ommaya and Hirsch (1971)’s experiments was conducted
by Kanda et al. (1981). In Kanda et al. (1981)’s experiments, live monkeys were subjected to head
impact to assess the vital response. As the years progressed, the apparatus and instrumentation
used in the animal head impact tests improved due to advancement in technology. Furthermore,
the groundwork for scaling primates exposed to various impact leading to a TBI is still valuable to
this day. However, scaling the physical response of animals to humans does not provide any details
about the internal effects of the brain due to the impact event.
Edward Dixon et al. (1991) applied blunt impact directly on rat brains, to investigate the car-
diovascular and histopathological response. Blunt impacts on restrained sheep were later applied by
Anderson et al. (1997, 1999), to correlate the impact forces with the cardiovascular and histopatho-
logical responses. The blunt head impact experiments, using rats and sheep, also generated data
that was used to improve scaling laws for animals.
In 1966, Hodgson et al. (1966) impacted the heads of live canines to indirectly evaluate brain
movement. The results of Hodgson et al. (1966)’s research added another dimension to TBI in-
vestigation, by correlating the physical response from various impact conditions with the brain’s
displacement.
Sulaiman et al. (2014) and Coetz (2015) conducted impact tests on postmortem monkey heads
and postmortem baboon heads, respectively. An impactor was used, in both experiments, to
investigate how skull fracture. Coetz (2015) presented a methodology for testing specimen, by
supporting the sample to negate the effects of gravity before applying an impact force. This
methodology may be useful for future experimenters in the field.
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The literature also includes laboratory experiments to evaluate the intracranial pressure changes
due to blunt impact. For example, Kenner and Goldsmith (1973); Lubock and Goldsmith (1980)
measured the pressure inside a spherical shell. The shell was used as a skull surrogate, to reduce
the complexity of the head system analyzed. Previous impact tests with animals did not measure
the pressure inside of a skull. Additionally, damage to the animal’s brain due to cavitation in
the contrecoup region was not observed or measured. Improvements to the spherical skull were
made in 2005 by Johnson and Young (2005). Johnson and Young (2005) applied rapid prototyping
technology to fabricate a surrogate skull. The dimensions of the skull were obtained from MRI
scans of a human head. Although the surrogate skull fabricated by Johnson and Young (2005)
was biofidelic, compared with the spherical skull by Kenner and Goldsmith (1973); Lubock and
Goldsmith (1980), the research focused on validating the emerging rapid prototyping technology
and not the head’s response to an impact.
Ljung (1975) and Margulies et al. (1990) evaluated the brain’s motion due to head impact. A
rotational apparatus was used by Ljung (1975) to measure human brain movement. Cylindrical
brain samples were spun about an axis and high-speed cameras recorded the motion. The sample’s
displacement was measured and used in the calculation of the shear modulus. The results of
Ljung (1975)’s experiments improved the development of constitutive models describing the brain’s
mechanical behavior. Furthermore, the experimental setup by Ljung (1975) can be extended to
surrogate brain materials fabricated with polymers. This surrogate brain material can be placed
inside skull models to measure 3D deflection during a rotational event. Ljung (1975) and Margulies
et al. (1990) presented methods for examining brain motion without direct measurement of the
sample (non-contact approach). Margulies et al. (1990) conducted experiments using a skull and
brain surrogate system, but the experiments did not consider various impact conditions that would
lead to a TBI.
Experiments using cadaver and human subjects have been conducted to examine TBI. Scaling
from an animal to a human is not needed in this case, and the head geometries are biofidelic.
Challenges associated with testing human heads at high impact speeds include destruction of the
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specimen and/or changes in the specimen response due to tissue degradation (Zou et al., 2007).
Additionally, small sample sizes are a factor when testing with cadavers due to challenges associated
with accessing the specimen.
Gurdjian et al. (1970)’s measurement of a human skull’s impedance guided the material selection
for a surrogate skull. In the study by Gurdjian et al. (1970), only an individual component of the
head (skull) was considered. Nahum et al. (1977) showed that the head is a dynamic system
of components, which have to be analyzed simultaneously. Cormier et al. (2011)’s experiments
examined resonant frequencies from skull fracture. Understanding the resonances of individual
components (e.g. the frequencies of the skull) and coupling the results from other head components
(e.g. brain and CSF), will produce an accurate model of the complete dynamic head system for
future TBI analysis.
In the 1990’s and early 2000’s, two sets of experiments examined the complex head system
by measuring pressures and brain movement following impact. Trosseille et al. (1992) impacted
cadaver specimens and measured displacements, accelerations, forces, and CSF pressures. Direct
measurement of the brain activity was not performed. The measured pressures were used to validate
FEA models reproducing the laboratory experiments. Subsequent FEA, by other researchers, also
simulate brain movement and apply the pressures measured by Trosseille et al. (1992) during
validation Willinger et al. (1999); Horgan and Gilchrist (2004); Kleiven (2006); Mao et al. (2013).
Hardy et al. (1997, 2001) measured brain movement, pressures, forces, displacements, and
accelerations from two cadaver heads subjected to linear and rotational impacts. Both samples are
representative of a 50 percentile adult male head. The cadaver heads traveled at low speeds (between
2.5 m/s and 3.5 m/s) until collision with a fixed block. Another test configuration accelerated the
heads from a stationary state. The results of the impact tests helped bridge the gap correlating
intracranial pressure with brain movement.
Only two cadaver samples were tested by Hardy et al. (1997, 2001). Including cadaver heads
from the adult female, adolescent, children, and elderly population would be beneficial, but is
not practical due to challenges that include access to cadavers and the cost of the experiments.
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Furthermore, building a similar apparatus as Gurdjian et al. (1970) and Cormier et al. (2011) to
evaluate the cadaver head’s frequency response would be challenging. If possible, the resonant
frequencies of the brain, CSF and skull would increase understanding of TBI.
Meulman (1996) conducted time based experiments using in vitro brain tissue. The in vitro
brain’s elastic modulus initially was 1.17 - 2.19 kPa and one figure indicated upward of 50% decrease
to the elastic modulus after 45 minutes, but the results were varied. The results by Meulman (1996)
will facilitate scaling cadaveric brains to live brains.
Another critical aspect which is often neglected, in the literature reviewed, is the influence of
the thin CSF layer between the brain and skull. Several experiments measured the intracranial
pressure changes during impact events, but did not correlate these changes with how the brain
interacts with the CSF (Trosseille et al., 1992; Hardy et al., 1997).
The literature shows that measurements of the head system’s forces and accelerations have been
performed. Models that can scale head impact results from various animals to humans have also
been developed. HIC and HIP are metrics for quantifying head injury severity, following an impact.
HIC was developed using impact experimental data by Gurdjian et al. (1961) of skull fracture in
cadaver heads, human tolerance tests by Eiband (1959), and measurements of intracranial pressure
by Lissner and Gurdjian (1960). HIC can be used to predict the severity of injury of a surrogate
head system.
2.5 Summary
The literature review showed that the brain’s steady state response, following impact, have not
been described. Experiments that study the secondary brain motion that occurs after an initial
impact, or tests that apply impact speeds greater than 8 m/s (typical of severe TBI) have not been
conducted either.
Impact experiments using cadaveric samples across all ages and body sizes, or animals, is not
practical or realistic. However, impact experiments using a surrogate head system can be designed
to include a CSF layer, and various brain densities and skull geometries. Furthermore, sample size
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is not an issue when testing with a surrogate head system. As a result, this thesis proposes the
use of a surrogate head system to study TBI from blunt impact. The head system is fabricated
using a surrogate brain, CSF, and skull material. For simplicity, the head system’s geometry is
cylindrical. However, the head system design is modular to accommodate integration of a biofidelic
head geometry. The head system design takes concepts from the controlled tests of concentric oil
lubricated cylinders by Chandra A (1980).
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CHAPTER 3. THEORY, EXPERIMENTAL DESIGN, AND PROCEDURES
This chapter discusses the geometry and theory of the head system apparatus, the experimental
design, and also includes the testing procedures applied to capture the brain’s response to head
impact. Varying the acceleration, incident force, and event duration will influence the severity of
injury due to a blunt impact. Thus, the head system was designed to create a linear acceleration and
event duration that produced injuries comparable with those identified using the HIC scale. Future
iterations of the head system will include the ability to reproduce injuries attributed to angular
motion, but this is outside the scope for this phase of the design. While the GSI (equation 2.1)
scale is referenced in various papers and HIC (equation 2.2) in others, the calculation method is
identical when the exponential n = 2.5 for the GSI, which is equivalent to the constant 2.5 in the
HIC equation. As a result, references to HIC and GSI (or SI) throughout this chapter are used
interchangeably.
3.1 Theory
The head system proposed is a modified version of the apparatus designed by Chandra A
(1980) to study the contact forces of two lubricated rigid cylinders (e.g. heat exchanger tubes). In
Chandra A (1980)’s apparatus, a shaking motion was applied to a hollowed tube placed inside an
outer shell (i.e. hollow cylinder). A thin film of oil was in the gap between the center cylinder and
hollow cylinder. Forces on the outer cylinder, along with displacement and acceleration of the inner
cylinder, were measured using force transducers, a proximity probe, and a tri-axis accelerometer,
respectively. For the head system design, one rigid and one deformable cylinder was considered for
simplicity. Instead of oil in the gap, a CSF simulant was applied.
The cylindrical head system was designed to minimize scaling by considering dimensions com-
parable to an adult human brain. The average adult human brain is oblong with a length of 165
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mm [6.5 inches], width of 140 mm [5.5 inches], and height of 91 mm [3.6 inches] (Almarode and
Miller, 2013). The average length and width of an adult brain was used to scale the surrogate brain
geometry into a cylinder with a diameter of 101.6 mm [4.0 inches]. This allowed for minimizing
fabrication costs by purchasing commercially available materials. A height of 203.2 mm [8 inches]
was chosen to treat the cylinder as “infinitely long”; a simplification that allowed the force and
acceleration to influence two axes instead of three.
Human male skulls vary in thickness from 3.9 mm to 9.35 mm, in the occipital region (Mahinda
and Murty, 2009). In females, the occipital skull thickness varies from 3.44 mm to 8.2 mm (Mahinda
and Murty, 2009). Moss et al. (2009) found that the average skull and CSF layer thickness was 7
mm and 1.3 mm, respectively. Thus, the head system utilized the average skull and CSF thickness
provided by Moss et al. (2009). Using dimensions similar to an adult head allows the head apparatus
to accommodate biofidelic geometries in the future, without a drastic system redesign.
The surrogate brain, in the head system, was designed to sustain concussion-level events. Impact
magnitudes, leading to a concussion, were guided by calculating the severity index using both the
acceleration (in g-force) and event duration (in ms) found by Moss et al. (2009). Eppinger et al.
(1999) postulated that a GSI of 700 and n = 2.5, in equation 2.1, described a mild traumatic brain
injury (mTBI) threshold due to head impact by NFL players during gameplay. Figure 3.1 considers
a GSI = 700 to illustrate the peak acceleration and corresponding event duration that would lead
to concussions (or mTBI). The curve, in Fig. 3.1, was used to set the power and space limits for
the head system apparatus.
Chandra A (1980) considered an electronic shaker, in his apparatus design for the lubricated
cylinders. The head system, which also utilizes a lubricated cylinder design, applied an unbalanced
weight shaker. While electronic shakers have greater resolution and finer adjustment capability,
the cost and complexity eliminated this design as a viable option. Investigation into shaker designs
uncovered a simple approach to shake the brain surrogate (i.e. inner cylinder) by utilizing an
imbalanced mass rotating on a shaft. Varying the imbalance mass and shaft speed alters the event
duration and unbalance force amplitude.
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Figure 3.1: Varying accelerations and durations resulting in a GSI of 700.
To determine the minimum motor power to generate a GSI event of 700, an analysis of shaker
mass per event duration for the given head apparatus yielded the results shown in Fig. 3.2. As the
motor speed decreases, and the event duration increases, the shaker mass increases, but not in a
linear fashion. A system of equations described later in this chapter and a simultaneous equation
solver, Engineering Equation Solver (EES), facilitated the calculation of the motor power and shaker
mass requirements. The EES code is listed in appendix B. Reducing the imbalance mass increases
the required motor speed, which causes gear reductions that prevent potentially dangerous shaker
speeds. A shaker speed of 11,765 rpm is needed to achieve an event duration of 2.55 ms, which
correlates to an acceleration of 150 g-force and SI of 700. Conversely a shaker speed of 2,000 rpm
is needed for a 15 ms event duration and 74 g-force acceleration, which also corresponds to a SI of
700.
Motor power is calculated using the unbalance force and event duration. The event duration
value was calculated by dividing the shaker speed by 60 to yield events per second, which was then
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Figure 3.2: Evaluating mass imbalance and input power to match the event duration given a GSI
of 700.
inverted to yield the duration of two events in seconds. A final division by 2 determines a singular
event duration.
The data from figure 3.2 was used to determine a minimal motor power requirement at an
event duration of 15 ms, or a shaker speed of 2,000 rpm. This event requires an acceleration of 73.7
g-force to be applied to the head system and a motor power of 59.74 hp. Available electrical power
in the shop space allowed for the use of a 3 HP motor. For this reason, the initial head system
design considering an SI of 700 was not an option. So, another optimization was conducted that
maximized the g-force at an event duration of 15 ms to determine the maximum SI possible given
the power constraints of the laboratory. The optimized g-force was 12.38, which corresponded to a
GSI of 8.08.
The equations and assumptions for all of the optimization processes undertaken, as well as the
results, are detailed further in appendix B
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The shaking force was calculated assuming a rotational mass imbalance, by using counterweights
on a shaft. The force created by unbalance is computed using equation 3.1.
F = U × ω2, (3.1)
where F is the force with units of N, U is unbalance with units of kg·m, and ω is the angular
velocity with units of rad/s. The unbalance U calculation is defined by equation 3.2:
U = m× r, (3.2)
where m is the mass with units of kg, and r (in units of m) is the distance in between the
rotational axis and the center of gravity (CG) of the unbalanced mass. With a counterweight
design, the symmetrical mass in the center of the counterweight is removed to determine the
unbalance CG and mass (Fig. 3.3)
Figure 3.3: CG/centroid distance of the total counterweight mass from rotation axis (left) is dif-
ferent than the unbalance CG distance from rotation axis (right).
The total mass of the counterweight (including the symmetric portion), the shaker tray sup-
porting the counterweight, the ancillary connection to the brain, and brain are all included in the
calculation of the acceleration event. Coupling the effect of the unbalance force and shaker’s ro-
tational speed, along with a 5:4 gear ratio between the shaker and motor shafts, creates a system
45
of equations that were optimized to determine the counterbalance diameter and counterbalance
length for a given motor power.
Motor selection for the shaker assembly utilized the available power in the laboratory, without
the need to add a three-phase or higher amperage service line. The maximum outlet power available
for the motor was 2.2 kW (220 V at 10 A). When evaluating motors, and variable frequency drive
controllers (VFD) to control the motor’s speed, 3 hp ( 2.2 kW) is a commonly available motor size
while the next commonly available motor on the market is 5 hp ( 3.7 kW). To avoid a potential
safety issue of overpowering the electric service to the lab, the 3 hp motor and accompanying VFD
was selected.
The equation describing the motor’s power P , in units of hp, is:
P =
T × n
5252× 1.356 , (3.3)
where T is torque in N·m, n is the motor’s rotational speed in rpm, and the constants 5252 and
1.356 are unit conversions with units of ft·lb/hp and 1.356 N·m/ft·lb, respectively. Rearranging
equation 3.3 to solve for torque T yields equation 3.4.
T =
P × 5152× 1.356
n
(3.4)
A shaker speed of n = 2, 000 rpm was determined, which in turn was used in equation 3.4 to
output a target torque. The impact event (i.e. shaking the surrogate brain to cause contact with
the skull) occurs twice, for every complete revolution of the rotating counterweight. For example,
2000 rpm correlates to 4000 impacts a minute. Thus, equation 3.5 is used to calculate the impact
time (duration) for a single impact in units of seconds.
Time Impact =
60
2× n (3.5)
The rotational speed of the counterweight is obtained by rearranging equation 3.5 to solve for
n, as shown in equation 3.6.
n =
60
2× Time Impact (3.6)
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A 15 ms impact event corresponds to a rotational speed of 2000 rpm. The torque available from
a 3 hp motor at 2000 rpm is therefore 10.68 N·m. Converting 2000 rpm to an angular velocity ω
yields 209.4 rad/sec, which is used in equation 3.1 to calculate the unbalance force.
Assumptions to simplify the optimization were made as follows:
• Mass and resultant inertia of the counterweight’s center are negligible.
• Momentum of hardware such as chains, sprocket, bearings, etc. are negligible.
• Elements such as wind resistance are not to be considered.
• System response will likely affect the incident forces and accelerations, but were not considered
for the shaker calculations.
The list above are items which consume power, and will possibly diminish the effective unbalance
force that can be created. Optimizing the counterweight diameter and length ensures that the
maximum possible unbalance force can be generated and does not contribute to the effects of the
losses. If the motor power is 3 hp, and the ignored factors account for a fixed 10% of the power
consumption for instance, the optimization of the counterweight should not be affected as 0.3 hp
would be lost power in the system regardless.
The torque T , described by equation 3.4, can be written as a function of a force F and moment
arm CGU (see equation 3.7).
T = F × CGU , (3.7)
where T is in the units N·m, F is in units of N, and CGU is in units of m. The force F is the
unbalance force created by the counterweight, and is calculated using equation 3.1. CGU is the
moment arm of the force acting tangential to the rotational axis.
The calculations to obtain the maximum unbalance force assumed an ideal 3 hp input power,
but a portion of the power was lost due to inefficiencies.
Calculation involving power was performed and used to optimize the counterweight mass and
size to net the highest force. Optimization of the counterweight’s volume was performed using the
47
inner diameter, outer diameter, and axial length of the counterweight (or counterweights if multiple
are used).
The counterweight’s volume was assumed to be cylindrical to apply the following equation
describing the volume of a cylinder:
Vcylinder = pi × r2 × L, (3.8)
where r is the radius of the cylinder and L is the height of the cylinder.
Since the counterweight only had mass on one side, the volume is divided by two. To accommo-
date the symmetrical center of the counterweight, the cylindrical volume in the center is removed.
This produces the volume equation of a hollow cylinder described by equation 3.9:
V =
pi × r2o × L
2
− pi × r
2
i × L
2
. (3.9)
The variable ro is the outer radius of the counterweight, ri is the inner radius of the counter-
weight, and L in is the counterweight length. All independent variables in equation 3.9 are in units
of meter. Figure 3.4 shows the relation of the variables from equation 3.9.
Figure 3.4: Counterweight frontal view with ri and ro dimensions labeled (left) and side view
showing L dimension (right).
A shaft diameter of 5/8” [0.015875 m] was selected, to allow for sufficient shaft support with
common sprocket sizes. The symmetrical center portion of the counterweight (shown in red in figure
3.4) has an outer diameter of 1.125” [0.02858m], which is the inner diameter of the non-symmetrical
portion of the counterweight (shown in blue in figure 3.4. Half of this diameter (0.01429 m) is used
for ri in equation 3.9.
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The equations describing the unbalance center of gravity CGU and counterweight mass m are
as follows:
CGU =
4× (r3o − r3i )
3× pi × (r2o − r2i )
(3.10)
m = V × ρ (3.11)
The same values from equation 3.9 are used in equation 3.10. Additionally equation 3.11 uses
V calculated from equation 3.9. Gray iron was the material used for the counterbalance, which has
a density ρ of 7800 kg/m3.
The system of equations 3.1 – 3.11 are used to optimize the counterweight diameter and length.
Equations 3.10 and 3.11 are substituted into equation 3.2, where the radius r is the unbalance
center of gravity CGU from equation 3.10.
With the system of equations listed, Engineering Equation Solver software was utilized to
maximize the unbalance force F by varying the counterweight outer radius (ro) and counterbalance
length (L). The optimal counterweight length and radius was 0.1394 m and 0.02963 m, respectively.
The unbalance force created by the counterweight is 734 N. The total amount of mass being excited
includes the ancillary connection to the brain, brain, and shaker tray: predicted to be 4.2 kg, and
the total mass of the counterweights: calculated to 1.849 kg. This total mass being acted by the
unbalance force is then 6.049 kg.
The dimensionless g-force value g is obtained using equation 3.12
g =
F
MT × 9.81 , (3.12)
where F is unbalance force: 734 N, MT represents the total mass excited: 6.049 kg, and 9.81 is
the acceleration due to gravity with units of m/s2. With the unit conversion of 1 N = 1 kg × m/s2,
all units in equation 3.12 cancel and the output for g is 12.38. This value of g represents the absolute
maximum acceleration possible for the 3 hp motor size, and with inefficiencies is likely a bit less.
System frequency response, which is highly likely with the elastomeric surrogate brain samples,
would yield a g above 12.38, but quantifying the degree of g increase was beyond the scope of the
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unbalance calculations. To create a condition that the surrogate brain is subjected to 74 g-force,
which represents an SI of 700, would require a more powerful motor. Given a fixed rotational speed,
increasing the force by a factor of 6 would require a 59.7 hp motor. A 59.7 hp motor is far above
and beyond the power capabilities available in the laboratory where this research was conducted.
Additionally the force would increase to 5753 N, which would also require significant structural
strengthening of the ancillary connections (C-frame and shaker structure); thus, increasing the
excited mass. The exponential nature of the HIC/SI scale, and power restrictions of the laboratory,
limited the head system apparatus to be tested using a maximum HIC of 8.09.
For the apparatus, the 12.38 g-force potential is acceptable. Additionally, rather than using a
single 1.849 kg counterweight, six smaller 308 g counterweights were created to allow for varying
the counterweight mass into three increments: 616 g, 1.233 kg, and 1.849 kg. Nine g-force values
are calculated using equations 3.1 and 3.12 to understand the relation between mass m and the
counterweight’s rotational speed n (converted into ω for use in equation 3.1). Table 3.1 highlights
the results of the predicted g-force values for the three mass levels and three different counterweight
speeds.
Table 3.1: Expected g-force values for various mass
and shaker speed settings.
Mass (kg) Speed (rpm)
1000 1500 2000
0.616 0.77 3.10 5.50
1.233 1.16 4.64 8.25
1.849 1.74 6.96 12.38
3.2 Experimental Setup
The brain impact simulator consisted of a simple geometry (cylindrical) and was fabricated
using commercially available materials. The brain simulant dimensions, mentioned in section 3.1,
was described as having an outer diameter of 101.6 mm and a height of 203.2 mm. While a
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cylindrical polyurethane with a diameter of 101.6 mm is readily available, finding polyurethane
with a durometer less than 75A and an inner diameter less than 76.2 mm was both difficult to
obtain commercially and expensive. An inner diameter less than 76.2 mm was needed to create a
brain with the desired mass, which would not be possible if it were hollow.
To minimize component cost of a softer durometer material for the brain surrogate, a dual
cylinder arrangement was chosen. The outer cylinder selected for the brain surrogate was 40A
durometer, with 101.6 mm in outer diameter and 76.2 mm inner diameter. The inner cylinder for
the brain surrogate was 75A durometer, with an outer diameter of 76.2 mm and an inner diameter
of 12.7 mm. The cylinders available for purchase, given the durometer constraints, had a length of
152.4 mm and not the desired 203.2 mm. Thus, a polyurethane adhesive insulating foam (DOW
Great Stuff TM Pond & Stone) was used to adhere the cylinders of the same durometer to the
desired length. Shearing at the parting seam of the stacked cylinders were avoided by staggering
the inner and outer cylinders, such that the seams were not aligned. The parting line for the
inner cylinder, while not visible externally, is offset an equal distance from the opposite end of the
cylinders. The parting lines are depicted in Fig. 3.5.
Figure 3.5: Cut-away showing inner cylinders (light and dark red) and outer cylinders (light and
dark blue), with associated offset parting lines at the interface of the red or blue color.
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Figure 3.6 shows the sheet metal form used to hold the cylinders together, while the adhesive
cured. The final brain surrogate assembly is also highlighted in Fig. 3.6, where the parting line of
the outer cylinders can be noted toward the bottom of the cured setup as a darker line. A notch
is placed at the top and bottom of the finished cylinders, which allows for clearance of the system
drain/vent. Red arrows in Fig. 3.6 point to the notch in both images.
Figure 3.6: Metal form to hold cylindrical brain surrogate during epoxy step (left) and final
polyurethane brain surrogate after curing (right).
A 6061-T6 rod, with an outer diameter of 12.7 mm and tapped 3/8-16” threads on each end,
is inserted at the center of the cylindrical brain surrogate (see Fig. 3.7). The rod acts to evenly
distribute the impact force along the vertical axis of the brain. 16 gauge 6061-T6 aluminum was
cut into two 114.3 mm diameter discs, to support the top and bottom of the brain cylinder; as well
as provide a rigid surface for stretching a sealing material to the top and bottom of the assembly.
The sealing material was used to ensure a liquid tight vessel to retain the CSF simulant.
A cylindrical skull surrogate, fabricated from nylon and with a length of 177.8 mm, was turned
on a lathe to provide a gap (between the brain and skull) for addition of the CSF simulant. The
effective skull thickness was 7 mm and the CSF layer was 1.3 mm.
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The top and bottom ends of the brain and skull cylinders were wrapped with BUNA-N sheets
of 0.8 mm thickness and a 40A durometer, to prevent CSF simulant leakage. Specifically, the
BUNA-N sheets were clamped to the outer diameter of the skull to create a liquid tight system.
Figure 3.7 is a color-coded illustration of the head system to highlight the different sections. The
nylon skull is shown in green, the polyurethane brain cylinder assembly is blue, while the BUNA-N
sheets used as the sealing system are shown as red. The aluminum rod and discs along the center
and ends of the brain surrogate, respectively, are shown by the gray color.
The discs each feature a 9.7 mm hole, for attaching bulkhead fittings at the top and bottom of
the brain assembly. These fitting facilitate venting and drainage of the CSF simulant. As shown
in figure 3.6, a slight notch at the top and bottom of the brain cylinder is needed for clearance of
the bulkhead fittings and ends of the cylindrical brain. The amount of polyurethane removed from
the top and bottom of the brain does not affect the system reaction to the blunt impact, since the
height of the skull is 12.7 mm shorter than each end of the brain. As a result, deformation of the
top and bottom ends of the brain cylinder does not occur since the skull cylinder does not extend
to the ends of the brain cylinder.
Figure 3.7: Rotated cut-away of brain, skull and sealing arrangement.
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By using cylinders for the head simulant, the applied shaking force along with the incident
forces and motions occur along two axes. A C-frame assembly was constructed to support the mass
of the brain, and mitigate gravitational effects on the sample. The C-frame assembly also coupled
the shaker and brain surrogate. Initial design of the C-frame considered a welded mild-steel frame,
to minimize flexure of the structure. However, the added mass from a steel structure reduced the
resultant shaking force capability of the brain impact simulator versus an aluminum version. The
trade-off between a rigid steel structure versus a lower Young’s modulus aluminum structure is
briefly mentioned as a project objective; in that a rigid apparatus can be very robust, but the
added mass lessens the incident force and acceleration that can be applied. As a result, a welded
6061-T6 frame utilizing T-bar and C-channel was selected for the C-frame structure. Figure 3.8
shows the C-frame (cyan) and chains (yellow) used to suspend the brain assembly. The location of
the chains was chosen such that the brain-CSF-skull’s center of mass were between the chains. In
this way, motion of the brain assembly moves predictably as a four-link design. The discs at the
top and bottom of the brain cylinder, as well as the rod supporting and applying the force to the
surrogate brain, are also shown in Fig. 3.8.
Figure 3.8: C-Frame assembly (cyan) suspended with chains (yellow). Rod and discs are shown in
gray.
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Support of the skull is independent of the brain and C-frame assembly, to isolate the two
surrogate systems. The skull support utilizes a rigid structure to minimize deflection, and also
includes instrumentation to measure incident forces. The system design produces linear impacts
along a single axis, but modularity in the design supports future tests requiring impacts and
measurements along two axes. Skull supports and force transducers are placed at three locations
around the circumference of the skull cylinder. Force transducer 1 (F1) is inline with the desired
excitation axis: defined as the Y-axis. Force transducers 2 (F2) and 3 (F3) are clocked 30 degrees
below and above the Y-axis toward the positive and negative X-axis, respectively. Figure 3.9
illustrates the skull support and force transducer locations, with respect to the axes and skull
cylinder. The nylon skull cylinder is shown in white, while the force transducers are shown in blue.
The upright supports that sandwich the force transducers with the formed skull supports are shown
in black. For the head system setup, a preload is required for the skull supports to prevent the
skull from sliding along the Z-axis. Adjustment of the preload is made by fixing the uprights for
force transducers 2 and 3, and varying the upright distance for force transducer 1. The moveable
upright (corresponding to force transducer 1) has a threaded rod, which can translate the upright
in the negative Y-axis to cause a compressive force reading from all three force transducers. Set
screws on the movable upright are used to fix the upright’s location, after adjustment for preload.
The force transducers have an equal range in compression and tension. As a force opposes the
preload direction of a given force transducer, the transducer will start to measure in tension.
Testing using the brain impact simulator showed that approximately 89 N for force transducer
1, and 51 N for force transducers 2 and 3, provide adequate preload to keep the skull cylinder
stationary. If the skull cylinder was rigid, the preload would increase until the midpoint of the
force transducer’s compressive load capability, which is 1.112 kN for the force transducers used in
this work. With an 89 N preload reading from force transducer, and accompanying force transducer
2 and 3 preload of 51 N, the total displacement of the nylon skull cylinder was 0.11 mm. Considering
a CSF layer of 1.3 mm, or 2.6 mm if both sides of the gap are factored, a 0.11 mm skull cylinder
deflection represents a 4.2 percent reduction of the CSF layer. To preload force transducer 1 to
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Figure 3.9: Skull support (black) with force transducers (blue) sandwiched in-between the support.
50 percent of the compressive load capability, as discussed in section 3.2.1, the deflection of the
cylinder increases to 1.38 mm and reduces the CSF thickness by approximately 54 percent. For
this reason, the minimum preload of 89 N was applied during testing to prevent the skull cylinder
from moving.
Measurements from the three force transducers are used to calculate the incident impact angle
and incident impact force applied to the skull. Using the fixed angle of 30◦ for the placement of
force transducers 2 and 3 around the skull cylinder, the incident angle φ and incident force Fi can
be calculated by equations 3.13 and 3.14, respectively.
φ =
F3sin30
◦ − F2sin30◦
−F1 + F3cos30◦ + F2cos30◦ (3.13)
Fi =
F3sin30
◦ − F2sin30◦
sinφ
(3.14)
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Figure 3.10: Skull deformation using a preload of 89 N for force transducer 1.
While the transducers are capable of measuring forces in both tension and compression, the
lack of a rigid coupling between the brain and skull prevents tension measurements in this system.
Figure 3.11 illustrates coupled skull and brain configurations in the condition where the brain is
moving toward force transducer 1 and away from force transducers 2 and 3. Since the CSF layer
inside the skull does not transmit force in tension, when force transducer 1 reads compression during
an impact, force transducers 2 and 3 drop to reading the preload imparted on the transducers. The
opposite is true when the brain moves towards force transducers 2 and 3, which causes force
transducer 1 stop reading in compression and drops to reading the preload force value. During the
design of experiment (DOE) tests, the incident force were calculated using either force transducer 2
and 3 or using force transducer 1’s measurements when the force transducer 1 readings were higher
than the other two transducers. Since the force transducers can not read in tension, whichever
transducer or transducer pair is measuring the greater compressive force represents the accurate
force reading.
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Figure 3.11: For a brain system moving toward force transducer 1: Original assumption coupled
brain and skull to yield both tensile and compressive force transducer readings (left) and realized
head system configuration yielding only compressive transducer readings at force transducer 1 and
no force measurements at force transducers 2 and 3 (right).
The brain cylinder was excited using a shaker system, which was designed to simulate linear
impacts along the Y-axis. Future designs of the brain impact simulator will enable rotational
impacts to be possible, while the shaker operates along a single axis. To minimize off-axis motion,
the shaker tray assembly was allowed to pivot about a point on the X-axis. Extruded aluminum
was used to connect the shaker tray to the pivot arms fastened to a rigid table. The pivot point of
the shaker assembly is noted in Fig. 3.12 and motion of shaker tray (red) acts along a large radius
arc. It is assumed the arc of motion for the shaker tray is large enough to consider the motion
as linear only along one axis. Considering an optimum 1.3 mm CSF layer between the skull and
brain, and a 101.6 mm distance from the shaker tray to pivot point, the arc angle is 0.73 degrees
either side from vertical. Negligible strain is present in the extruded aluminum connection to
the shaker tray (shown as tan in Fig. 3.12), due to the large cross-sectional area of the material
geometry. Evaluating the displacement at the maximum expected force of 734 N (or 367 N per
extruded aluminum section attaching the shaker tray to the pivot arm) produced a maximum
displacement along the axis of 0.00077 mm. This restriction of motion, along the Z-axis (vertical),
implies that the force transmission to the C-frame acts primarily along the Y-axis.Symmetry of
the counterweights along the X-axis, and connections of the extruded aluminum arms to the pivot
arms in double shear, were made to minimize bending or torsional strain in the structure. In
Fig. 3.13, the driven shaker shaft (red) rotates the counterweights. Two sprockets with chains are
used to create a connection with the driving shaft (blue). The two small sprockets, on each of the
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Figure 3.12: Shaker tray (red), extruded aluminum arm (tan), pivot arm (magenta), and counter-
weight (green). Shaker motion acts along a large radius arc.
driving and driven shafts, are identical in size to provide a 1:1 drive ratio with the driven shaker
shaft. Symmetry was used in the design by placing the pillow block bearings and sprockets at equal
spacing from the middle of both the driven and driving shafts. Symmetry was important with the
driven shaft as equal torque application to the counterweights, on either side of the shaker tray,
minimizes the effect of a power angle.
To allow a higher rotational speed for the counterweights, than the motor, an overdrive gear
ratio was required. The sprocket on the electric motor and the sprocket on the driving shaft had
a tooth count ratio of 5:4. A rated motor speed of 1770 rpm corresponds to a drive/driven shaft
speed of 2200 rpm. The head system was designed to operate using a shaker speed of 2000 rpm or
an event duration of 15 ms. The extra 200 rpm shaker speed is a buffer to allow for future testing
of shorter duration events, if needed. The drive and driven shafts are supported with pillow block
bearings. Each bearing is rated to 5800 rpm and 3158 N of dynamic radial load; thus, providing a
high factor of safety as the system will operate at speeds 62% lower and radial loads 92% lower than
the aforementioned load value per bearing. The driven shaft experiences the largest radial loading
due to unbalance forces, which are created by the counterbalance weights. So, three pillow block
bearings were used on the driven shaft. Connection of the shaker tray to the C-frame is achieved
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Figure 3.13: Shaker assembly with counterweights (green), drive (blue) and driven (red) shafts,
supports, and motor.
with a linkage bolted to the shaker tray. This linkage utilized a roller on one contact side of the
C-frame, and a formed 3003 aluminum sheet on the opposite side, to create a contact patch in a
single axis. Figure 3.14 shows the roller pin in green, and a semi-transparent view of the linkage
(red) illustrates the formed aluminum sandwiching the C-frame. Aluminum was used to fabricate
the shaker tray and linkage to the C-frame, due to being a lightweight metal. Using a lightweight
metal was important since the addition of mass to the shaker assembly, C-frame, and/or head
system reduces the resultant g-force potential. To increase the shaker assembly’s second moment of
area, the shaker tray was fabricated by forming of the aluminum sheet. Additionally, 3003 alloy was
used to achieve a balance between tensile strength and formability of the shaker tray and linkage.
A modular head system assembly was important, to allow various impact conditions and head
geometries to be considered in future tests. Using a Newport IntegrityTM 3 optical table, with a 25
mm threaded fastener grid, facilitated the assembly of the sub-assemblies (e.g. the shaker assembly,
skull support assembly, electric motor, framework to support the C-frame, and safety shield covering
rotating components). Adjustments were made to the positioning of the sub-assemblies, such as
the alignment of the shaker tray to the suspended C-frame assembly, to ensure that the intended
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Figure 3.14: Connection between shaker tray (yellow) and C-frame (blue). Two formed aluminum
linkages (red) are sandwiched above and below the shaker tray. A roller pin (green) creates a
contact patch between the two sub-systems.
kinematics of the brain impact simulator were achieved. An ancillary support frame for the chains
suspending the C-frame, skull support assembly, motor and shaker sub-assembly mounting, and
safety shield, were all designed to take advantage of the dimensions present in the 6” × 4” optical
table.
Figure 3.15 illustrates the sub-assemblies of the brain impact simulator system. The struc-
tures to support the C-frame chains, and safety shielding over the motor and shaker system, are
suppressed in Fig. 3.15 to clarify the system construction.
3.2.1 Instrumentation
Correlation between the incident skull force and brain impact event are made using the brain
impact simulator. The three force transducers used were PCB R© 208C03 force sensors. The force
transducers can measure a maximum of 2.224 kN equally in compression (or tension) and has a
frequency limit of 36 kHz. Additionally the nonlinearity of the sensor is <1% of the full scale
reading capability, which is noted in technical literature as creating a negligible cross-talk. The
lack of cross-talk is due to the crystals, in the force transducer, being cut for maximum output
along a specific plane. To measure the acceleration of the brain sample, a triaxial accelerometer
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Figure 3.15: Entire system model.
(PCB R© 356A26) was used. This accelerometer sensor was affixed to the C-frame in the region
near the top of the brain, along the Z-axis. Measurements from the triaxial accelerometer were
integrated to calculate the velocity and displacement of the brain cylinder. Each channel of the
accelerometer has a measurement range of ± 100 g-force, the resonant frequency is >25 kHz, and
the frequency range of the accelerometer channels is 1 to 5000 Hz with a ± 5% tolerance. Provision
for a TE Connectivity string potentiometer (model SP2-12) was integrated into the framework and
is pictured in Fig. 3.16. However, during fabrication of the apparatus, a Polytec PDV 100 digital
vibrometer was used to measure velocity. So, the string potentiometer was not installed.
A mechanical pressure gauge, measuring 0 to 15 psig, was integrated with the upper fill hose of
the apparatus. Pinching the lower drain tube and using a hand held pump, the head system can be
pressurized to a predetermined pressure. Once the desired pressure is reached, the upper fill tube
is pinched shut. Future tests requiring system pressure monitoring should replace the mechanical
pressure gauge with an electronic pressure sensor that is integrated into a data acquisition system.
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Figure 3.16: Force transducers, accelerometer, string potentiometer, and vent/drain tubes are
highlighted in red.
Signals from the force transducers and accelerometer were integrated into a National Instru-
ments PCI-6251 16-bit data acquisition (DAQ) system, which featured a National Instruments
SCB-68A breakout box for connection of each of the sensor channels. Taylor Schweizer, a teaching
laboratory coordinator in Iowa State University’s Mechanical Engineering Department, developed
a printed circuit board (PCB) and enclosure for a 16-channel signal conditioner. Since the PCB R©
triaxial accelerometer and force transducers were all Integrated Circuit Piezoelectric (ICP R©) style
units, signal conditioning was required.
3.2.2 Instrumentation Calibration
Calibration of the force sensors and accelerometer was performed, prior to experiments using
the brain impact simulator. During calibration, the apparatus recorded data for a set period. The
recorded data required filtering since noise inherent with the use of high sensitivity sensors can mask
desired measurements. For the accelerometer, a 28 ms duration event was produced and different
low-pass data filter settings were explored. Figure 3.17 illustrates a steady-state test result of the
incident force transducer, which was the dataset used to select the optimal filter settings for all of
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the sensors. The steady-state test result was obtained by running the system at a constant speed
for at least 5 seconds, to ensure a sinusoidal pattern in the force transducer measurements occurred.
10.45 10.5 10.55 10.6 10.65 10.7 10.75 10.8 10.85
Time (s)
-200
-100
0
100
200
300
400
500
F
o
rc
e
 (
N
)
Figure 3.17: Steady-state test with unfiltered incident force data.
Integrating the accelerometer data yields the brain’s velocity during impact. Examination of
different low-pass filter cut-off frequencies (fc), between 500 Hz – 4000 Hz in 500 Hz increments,
yielded the velocities shown in Fig. 3.18. The lower cut-off frequencies, such as 500, 1000 and 1500
Hz in Fig. 3.18, do not follow the trend of the unfiltered velocity data.
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Figure 3.18: Various low-pass filter cut-off frequencies (fc) applied to brain surrogate velocities,
which were captured during a 28 ms event duration.
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Double integration of the accelerometer data yields the displacement of the brain versus time.
Using the displacement data narrowed the choice of filters to apply to the dataset. In Fig. 3.19,
the cut-off frequencies are shown for the displacement versus time curves. Again, the lower cut-off
frequencies start to diverge from the raw displacement data. However, frequencies of 2000, 3000,
and 3500 Hz appeared very stable in comparison to the raw displacement data. A 4000 Hz frequency
closely matched the raw data. However, the goal of the filter is to follow the raw data, but also
filter the noise causing the data to diverge from the neutral point. Data points that continually
passed a displacement of zero (e.g. fc = 3000 Hz and fc = 3500 Hz from Fig. 3.19) reduced the
cut-off frequencies further. Since a cut-off frequency of 3000 Hz and 3500 Hz were both similar in
the displacement output, 3500 Hz was chosen for the DOE testing.
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Figure 3.19: Various low-pass filter cut-off frequencies (fc) applied to displacement data with a 28
ms duration.
For the force transducer data, the incident force calculation was filtered using the same fourth-
order low-pass filter as the accelerometer data. However, the effective cut-off frequency range varied
as shown in Fig. 3.20. Applying cut-off frequencies of 1, 1.5, 2, and 3 kHz to the incident force
data shown in Fig. 3.17 yields the curves shown in Fig. 3.20.
With higher motor speeds (shorter event duration), the force transducer data has less variance
and better defined peaks. As the system operates at slower speeds, the waveform of the incident
force becomes less pronounced. With a longer event duration (45 ms), the same cut-off frequency
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Figure 3.20: Various low-pass filter cut-off frequencies applied to force data with a 28 ms duration.
filters of 1, 1.5, 2, and 3 kHz were applied (Fig. 3.21). This 45 ms average duration, for the
incident force, displays the noise present when lower impact forces are obtained due to slower
system operating speeds.
With increased noise, the low-pass filter cut-off frequency has more of an influence on the
dataset. In the case of dataset with high noise (e.g. higher event duration data as shown in
Fig. 3.22), the cut-off frequency starts to over-filter the data at 1000 Hz while a cut-off frequency
of 1500 Hz does not. The average peak of the incident force varies by approximately 2.5 percent
between the 3000 Hz and 1500 Hz cut-off frequency. When considering the 3000 Hz and 1000 Hz
cut-off frequencies, the variance in the average incident force peak increases to 10 percent. The
average magnitude of the peaks (Fig. 3.20) between 2000 Hz and 3000 Hz vary negligibly. Yet the
slight noise present with the 3000 Hz filter, as the force crosses the 0 N axis, is filtered out with
the 2000 Hz filter.
Testing the brain impact simulator at lower motor speeds resulted in both force and acceleration
data with increased noise. With the 45 ms duration test (Fig. 3.22), slight noise peaks around
16 to 18 N are smoothed using a cut-off frequency of 1500 Hz. When higher impact tests are
performed, these small noise variances do not exist. Consequently, the error between the average
peak calculations on the higher impact tests become insignificant. This incident impact force, from
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Figure 3.21: Various low-pass filter cut-off frequencies applied to force data with a 45 ms duration.
the data collected during the high and low impact tests, led to the selection of a 2000 Hz cut-off
frequency for the force transducer filter.
3.3 Procedures
A full factorial design of experiments (DOE) was conducted to examine the cylindrical head
system’s response to various loading conditions. The two independent variables for the DOE was
the shaker speed and shaker mass. Six different motor frequencies (ranging from 20 Hz to 53.3
Hz) and three different shaker masses (one, two, and three counterweight sets) were considered.
Each scenario using the shaker speed and mass were repeated four times. The total number of
tests, using the various shaker speed and mass combinations along with repetitions, is 72. Since
changing the counterweights is cumbersome, testing was separated into three 24 batch tests. The
first group of 24 batch tests utilized one counterweight set, the second utilized two counterweight
sets, followed by the full three counterweight set.
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Figure 3.22: Two low-pass filter cut-off frequencies applied to force data with a 45 ms duration.
With each set of experiments, the frequency of the motor was randomized from 20 Hz to
53.3 Hz in six steps total. The conversion factor from motor frequency to counterweight speed
is 37.5rpm/1Hz. Thus, the counterweight speed applied ranged from 750 rpm – 2000 rpm. This
counterweight speed equates to an event duration of 40 ms to 15 ms, since two impact events occur
each revolution.
The DOE proposed is a series of experiments involving a simplistic cylindrical surrogate head
subjected to various impact scenarios. The data collected is valuable to validate the brain impact
simulator design, but is not intended to be used to investigate head injury mechanisms. Future
experiments using a modified version of the apparatus that includes a biofidelic head geometry,
would yield data to support research on head injury mechanism, prediction, and/or mitigation.
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CHAPTER 4. RESULTS AND DISCUSSION
4.1 Overview
The shaker system design, detailed in chapter 3, required optimization of available power and
apparatus components (e.g. counterweight mass and geometry) to maximize the shaker force.
While the entire system design required all components to operate at a factor of safety above 1,
the highest stressed component was the C-frame. Minimizing mass from the C-frame increased
the maximum acceleration possible, but increased stress in the C-frame component; whereas other
components (e.g. brain, skull, and shaker assembly) were constrained parameters that could not
be optimized.
FEA was conducted on the C-frame to identify stress concentrations. The FEA utilized peak
resultant force values obtained from the force transducers, but the loss of temper at the weld
junctions were ignored for the 6061 aluminum C-frame. Neglecting the loss of temper prevented
the C-frame from operating at the desired maximum force application of 734 N.
All raw data from the force transducers and accelerometer was logged to the data acquisition
equipment, without signal filtering. Analysis of the collected raw accelerometer data required
filtering with a low-pass Butterworth filter, fourth-order with a cut-off frequency of 3500 Hz. The
raw force transducer data was also filtered using the same filter as the accelerometer data; however,
a 2000 Hz cut-off frequency was applied.
4.2 Design of Experiments: 1 – 24
The first set of DOE experiments (1 – 24) were performed with a single counterweight set and
operated successfully without major setbacks or problems. At motor frequencies above 27.7 Hz
(28.9 ms event duration), the head system appeared to stabilize and a steady force transducer
and accelerometer waveform was obtained. In Fig. 4.1, the unfiltered incident force data (in blue)
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is shown beneath the filtered incident force data (in orange). Figure 4.1 is the second DOE test
performed, which correlated to a 27.7 Hz motor speed (28.9 ms event duration). The unfiltered data
is erratic, and even after application of the low pass filter, the force data is still erratic although
a cyclical pattern emerges. The third test in the DOE considered a 40 Hz motor speed (20.0 ms
event duration). Figure 4.2 shows an identical time window sampling of incident force data from
the third test, with the unfiltered data (in blue) and filtered data (in orange). The peaks are
more pronounced in both the unfiltered and filtered traces, with less variation in the peak-to-peak
amplitudes.
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Figure 4.1: 3000 data point sampling of DOE 2 Force data. Event duration is 28.9 ms.
Force transducer and accelerometer data, from each DOE test, was analyzed in MATLAB (2016)
to calculate the number of peaks, amplitude of each peak, along with the duration between peaks
(period). MATLAB analyzes the peak-to-peak values within a dataset by first identifying all local
maximums, then the data is reanalyzed to identify the local minimums. Thus, two datasets are
produced for each test, one for the maximum peak values and the other for the minimum peak
values. Additionally, the average peak-to-peak duration is calculated. The peak analysis using the
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Figure 4.2: 3000 data point sampling of DOE 3 Force data. Event duration is 20.0 ms.
force data from DOE 3, to obtain the average and standard deviation (STD Dev.) for the maximum
and minimum peak value, is detailed in table 4.1 as an example.
Table 4.1: DOE 3: Force data
Force Duration Number
Average STD Dev. Average STD Dev. of peaks
Maximum 187.178 N 16.96 N 34 ms 10.3 ms 17
Minimum 55.760 N 7.525 N 34.1 ms 10.9 ms 16
The maximum and minimum average duration was calculated at 68 and 68.2 ms, respectively
for DOE 3 and represents the time between two impact cycles. As discussed in chapter 3.1, two
impact events occur per cycle so the 68 and 68.2 ms durations are representative of two cycles.
Dividing each value in half yields the 34 and 34.1 ms force duration values in table 4.1. A 3000 data
point window was used for all DOE test, which was on average 1.2 seconds of data collected from
the force transducers and accelerometer. Collecting force and acceleration data for a longer period
showed negligible increases in accuracy following peak analysis. When the brain impact simulator
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was tested at higher incident forces (e.g. >500 N), it was not always clear when steady-state was
reached. So, higher incident force tests were sometimes stopped before the head system was at
steady state. With 24 tests per counterweight setup, the challenges with higher incident force tests
become apparent and are explained in section 4.4.
Figure 4.3 displays the results for DOE tests 1 – 24, where the average event duration is
displayed on the X-axis. The average force is displayed on the Y-axis, with error bars representing
one standard deviation.
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Figure 4.3: Force data from DOE 1 – 24.
Datasets with an incident force below 20 N, which corresponds to all of the 20 Hz motor speed
tests and two of the 27.7 Hz motor speed tests, were inconsistent. The inconsistency of lower
incident force tests was discussed earlier in this chapter and shown in Fig. 4.1. These data points
were also below the desired impact range of interest (>140 N) and illustrate the measurement
limitations of the apparatus. When examining desired impact range, future calculations of HIC
based on accelerometer data reveals below 140 N the HIC drops below 1. The HIC scale has an
exponent of 2.5. So, lower impact force tests (e.g. DOE 2) calculate a HIC of 0.05; which is not of
interest for RHI analysis. Even after applying different cut-off filters to the 20 Hz motor speed data,
the incident force curves appeared less sinusoidal and more triangular. The triangular waveform
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was due to the presence of increased noise from the vibrating head system, which influenced the
force transducer readings. As a result, the impact energy was not influencing the recorded force
and acceleration data. Rather, the noise in the data recorded from the sensors yielded incorrect
event duration measurement.
Figure 4.4 displays DOE tests 1 – 24, where six tests were excluded since they corresponded to
incident forces less than 20 N. Typically, incident forces less than 50 N would be discarded; but,
these forces are included in Fig. 4.4 to illustrate how the data accuracy increases above 50 N. One
27.7 Hz test (DOE 5) had an average impact force of 46.2 N and carried a false 36.6 ms duration
while the other 27.7 Hz test (DOE 14) calculated an average impact force of 65.8 N and a more
accurate duration of 48.9 ms. Each test, in Fig. 4.4, belonging to a certain motor frequency is circled
to obtain a general trend for the data collected during testing. The exponential nature of the event
duration and peak force becomes apparent when the data is aggregated by motor frequency. Most
data, within a particular motor frequency cohort, have good agreement on the calculated incident
force value. Additionally, Fig. 4.4 shows that most of the error present is attributed to the event
duration calculation; albeit when viewed from an error percentage, the variance is typically less
than 10% excluding the low impact tests.
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Figure 4.4: Force data from DOE 1 – 24, with six 20 Hz and 27.7 Hz data points removed.
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For DOE test number 22, the incident force average of 860 was higher than the other three
circled tests in the 46.7 Hz motor speed cohort. Examination, of DOE 22, revealed a lack of
steady-state force response (see Fig. 4.5). One reason for the discrepancy in the calculated average
incident force for DOE 22 data may be a result of temperature. For DOE 1 – 22, the tests were all
run sequentially and temperature was not monitored. The fluid temperature was possibly elevated,
and the viscosity of the CSF simulant decreased, from back-to-back experiments. DOE 20 – 23
were high motor speed tests (53.3, 53.3, 46.7 and 53.3 Hz), whereas a better spacing between high
and low motor speed tests occurred earlier in the DOE. Additionally, DOE 22 was analyzed at
half of the time window (1500 sample points versus 3000), which corresponds to 0.6 s. However,
this time window is not the reason for the discrepancy in the average incident force value when
compared with the other tests in the 46.7 Hz motor speed category.
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Figure 4.5: Force data from DOE 22. The apparatus was only at steady state for a few cycles (1500
sample points).
In addition to the incident force calculations using the force transducer measurements, the
accelerometer data was also analyzed for DOE tests 1 – 24. Figure 4.6 is the accompanying
representative acceleration data for the average incident force versus duration plot shown in Fig. 4.3.
Figure 4.7 illustrates the acceleration versus duration plot for DOE tests 1 – 24, with six acceleration
data points below 2 g’s removed. The removed acceleration data corresponded to tests using lower
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motor frequency events of 20 Hz and 27.7 Hz, which corresponded to incident forces below 20 N.
Essentially, the same six data points removed from the force transducer dataset were removed from
the acceleration dataset.
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Figure 4.6: Accelerometer data from DOE 1 – 24.
Additionally, Fig. 4.7 aggregates the acceleration data by motor speed, similar to the force
transducer plot (Fig. 4.4).
The general trend for the incident force and accelerometer data are similar; as the duration
becomes longer the force or acceleration approach an asymptote. As the duration decreases, the
force or acceleration increases exponentially. An asymptote likely exists for duration, where the
force and acceleration goes to infinity. The DOE 1 – 24 dataset shows that a relationship between
event duration, acceleration, and incident force exist.
4.3 Design of Experiments: 25 – 48
For the second series of 24 tests, an extra set of counterweights was added to the shaker appa-
ratus. DOE 25 and 26 were initially skipped, as they represented a 46.7 Hz and 53.3 Hz respective
motor frequencies. The higher motor frequency test was not considered first for this series of DOE
testing, as the system had not operated with this potential impact level. Following DOE tests
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Figure 4.7: Accelerometer data from DOE 1 – 24 with six 20 Hz and 27.7 Hz data points removed.
27 through 31, DOE 25 was tested at 46.7 Hz using a two counterweight set. During the 46.7
Hz test, the C-frame structure failed due to a weld crack and then became bent. With only five
successful completed tests and one partial test, using two counterweight sets, the data sampled was
insufficient to perform an in-depth analysis. Figure 4.8 shows the force data from DOE 25 – 31,
excluding DOE test 26 which was not performed.
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Figure 4.8: Force data from DOE 25 – 31.
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Similar to the single counterweight tests, the force transducer and acceleration data recorded
at 20 Hz motor speeds generated excessive noise using two counterweight sets. Thus, Fig. 4.9 only
shows the four incident force data where the motor speed was above 20 Hz.
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Figure 4.9: Force data from DOE 25 – 31 with two 20 Hz data points removed.
The accelerometer data was also recorded and analyzed for DOE 25 – 31, excluding DOE 26.
Figure 4.10 is the accompanying acceleration data to Fig. 4.8. As with the incident force data, the
lower motor frequency events of 20 Hz presented two test sets of little value. Since the measured
data from the sensors become inconsistent below 20 N, acceleration data below 2 g’s was not of
value. With the limited number of tests performed in this DOE dataset, an additional figure
excluding accelerations <2 g was not created. The limited force and acceleration data, using the
two counterweight sets, also follow an exponential trend; similar to the force and acceleration data
from DOE 1 – 24.
4.4 Discussion
HIC is used to predict the severity of TBI using variables describing the event duration and
peak acceleration. The theorized mechanical behavior of the brain, while inside the skull and in
the absence of harmonic frequencies, would follow a similar trend as the HIC curve if a linear head
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Figure 4.10: Accelerometer data from DOE 25 – 31.
impact is applied. The HIC curve can be coupled with the average incident force graph (Fig. 4.4),
from the brain impact simulator tests, since these two graphs include the event duration variable.
Figure 4.11 is a 3D scatter plot combining the average incident force graph from DOE 1 – 24 data,
with HIC. The Z-axis in Fig. 4.11 represents the calculated HIC value using the accelerometer
measurements.
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Figure 4.11: 3D scatter plot of force (blue) and acceleration (red) with the Z-axis representing the
calculated HIC based on the accelerometer data. Low motor speed data (< 20 Hz) are excluded.
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The force measurements were multiplied by 0.015, to scale the data. This scaling factor was
obtained using the ratio of acceleration to peak force from the DOE 21 test. DOE 21 was one of
the four 53.5 Hz tests which produced the highest impact events. Furthermore, DOE 21 had the
lowest standard deviation among that series of tests. A simple multiplier to scale the data was
used to determine if a trend existed between the incident force and the calculated HIC value from
acceleration data. Further investigation of scaling factors, between incident force calculations and
HIC from acceleration data, would have merit as a trend does appear.
While the purpose of the DOE tests was not to derive a relationship between peak brain
acceleration, event duration, and resultant skull force, a relation between the three aforementioned
parameters was noted. The premise of using the resultant skull force, after an impact event caused
by brain motion, may give insight into TBI mechanisms. A series of higher impact force tests,
using the brain impact simulator, would be beneficial to investigate if the relationship between
brain impact force and acceleration exists. Normalization of the force and acceleration data would
help correlate the two measurements, in future experiments.
The modular brain impact simulator designed yields repeatable force and acceleration data, as
demonstrated by the first 24 tests from the DOE. Although redesign of the C-frame is needed to
facilitate testing using higher shaker forces, the implemented DOE setup was acceptable. The force
and acceleration data could be aggregated by motor frequency (speed). Future DOE tests would
benefit from smaller motor speed increments, to confirm that the trend between event duration and
force or speed is exponential. Additionally, a lower motor frequency threshold of 30 Hz should be
implemented in the future, to prevent acquisition of inconsistent force and acceleration data when
the motor speed is below 27.7 Hz.
Analysis of the C-frame design was conducted to understand why the structure failed during
the two counterweight set tests. Figure 4.12 shows the C-frame setup from the FEA. When the
structure failed, the recorded incident force was 1200 N. Thus, a 1200 N force was applied to the
C-frame in the FEA. The C-frame was constrained by the brain cylinder mounting holes. The
original analysis of the C-frame is shown on the left (see Fig. 4.12), where a 1200 N force yielding
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an acceptable factor of safety of 1.5. The lower uniform 6061-T6 aluminum pieces of the C-frame
was substituted with a 6061-T0 aluminum, to simulate the loss of temper from welding changes.
This resulted in the C-frame’s factor of safety dropping to a minimum value of 0.43. The 1200 N
force caused a higher stressed area of the lower portion of the C-frame, which was modeled with
the 6061-T0 variant. As a result, the lower C-frame region was excessively strained to the point
of failure. The FEA aids in explaining the cause of the C-frame failure. Future experiments of
the brain impact simulator, using the full force application from a three counterweight set, would
require the C-frame structure to be thicker. If the C-frame is fabricated as an aluminum welded
structure, re-tempering would be needed to strengthen the structure.
Figure 4.12: FEA analysis of factor of safety with a uniform 6061-T6 aluminum (left) and with the
upper and lower welded portions substituted using for 6061-T0 aluminum (right).
The shaker system’s performance exceeded expectations, since the original brain impact sim-
ulator was designed to produce 12.38 g-force impacts at a duration of 15 ms; corresponding to a
maximum HIC value of 8.09. While DOE 25 resulted in a failure of the C-frame, the measured
impact event prior to failure was an acceleration of 18.27 g’s and a duration of 12.55 ms. The HIC
value for DOE 25 was 17.92, which was more than double the expected capability of the brain im-
pact simulator. The higher measured acceleration from DOE 25 might have been an indicator that
a C-frame failure was imminent. In section 3.1, an expectation of a harmonic frequency between
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the brain and skull system leading to a larger acceleration is suggested. However, additional testing
is needed for verification of the system response of the brain and skull.
Another explanation for the higher than expected acceleration would be in the conservative
mass estimates for the shaker system. The maximum acceleration that the shaker can provide is
a function of the excited mass of the head system and the mass of the shaker system. The mass
estimate used considered all of the excited mass, but portions of the system can pivot (e.g. the
shaker system as well as the C-frame structure) and the counterweight assembly does not always
translate along a single axis. The rotation of the counterweight, when the unbalance force is acting
in the Z-axis (up and down), imparts no acceleration to the head system. This is caused by the
contact area of the shaker linkage to the C-frame not allowing transmission of unbalance force;
aside from slight frictional influences, in the Z-axis.
The sinusoidal unbalance force along the Y-axis may treat the counterweight as a flywheel, where
energy is stored and dissipated after each cycle. However, further testing is needed to determine
whether the counterweight motion influences the unbalance force application by the shaker system.
Using the one counterweight dataset, the 53.3 Hz motor speed tests yielded an average accel-
eration and event duration of 12.5 g’s and 21.86 ms, respectively. The calculated HIC value for all
of the 53.3 Hz motor speed tests using equation 2.2 for 12.5 g and 21.86 ms yields 11.87. From
table 3.1, this 12.5 g measurement is more than twice the g-force value predicted for the single coun-
terweight test. As previously mentioned, a conservative mass estimate and possible flywheel effect
of the counterbalance tray, may have led to the higher g-force output. Future experiments using
the brain impact simulator should explore increased counterweight pairs to add greater resolution
of impact force ability. From table 3.1, adding and testing more mass increments between 0.616
and 1.233 kg as well as increments between 1.233 and 1.849 kg would increase the force resolution.
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CHAPTER 5. CONCLUSION AND FUTURE WORK
As discussed in chapter 1, five objectives were identified for this project. The list of objectives
and the conclusions of each are detailed below.
Objective 1: Start with an existing and proven method of applying a shaking force to a
specimen. Modify specimen arrangement and instrumentation for use with soft tissue simulants,
with appropriate loading conditions to measure a severe TBI impact response.
Guided by Chandra A (1980)’s apparatus for simulating contact of lubricated cylinders, the brain
impact simulator designed also applied a shaking force to a center cylinder. This center cylinder
impacted an outer cylinder. The gap between the two cylinders were filled with a CSF simulant.
The incident force response on the outer cylinder was measured. Acceleration measurements of
the center cylinder was also conducted, similar to Chandra A (1980)’s design. The brain impact
simulator was designed to be modular, to accommodate a myriad of head system geometries and
materials. Additionally, modularity in the instrumentation is present to facilitate measurements
of other parameters (e.g. angular acceleration). A modular support structure was fabricated using
extruded aluminum channel. Adjustability was inherent in the design for the skull support, as well
as for the sealing material to contain the CSF simulant between the inner and outer cylinders.
Objective 2: Optimize apparatus and shaker designs to allow the maximum acceleration/force
to be applied to the head system at desired frequencies. A trade-off exists in that the more robust
and massive of the apparatus to be excited, the less acceleration and consequent resultant skull
force can be imparted on the brain surrogate. Additional constraints of the head system included
cost and electrical power capabilities.
After defining the brain impact simulator constraints (e.g., desired event duration, electric motor
power, and determination of driving equations), the shaker design was optimized to maximize output
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force. The maximized output acceleration was used to minimize the excited mass. The C-frame
structure was analyzed using the optimized output force by the shaker assembly. Results from the
C-frame analysis was used to obtain the minimal excited mass for the brain impact simulator. The
desired incident force, and consequently acceleration, was lower than the design goal of 13,877 N
and 73.7 g’s, respectively. However, the modular system (shaker and C-frame) was scaled to 734
N and 12.38 g’s due to electrical power constraints.
Objective 3: Build head system apparatus by considering a cylindrical geometry for the skull
and brain, for simplicity during the system validation process. Apparatus is integrated with a
data acquisition system for recording force and acceleration.
After modeling the brain impact simulator, using the computer aided drafting software (CAD)
package Solidworks (2016), the system was constructed from purchased and fabricated components.
Applicable sensors were also instrumented into the apparatus to obtain force and acceleration mea-
surements.
Objective 4: Create a full-factorial design of experiments (DOE) and perform testing to
evaluate capability of the head system.
The DOE consisted of 72 tests, which were separated into three batches. Each batch of 24 tests
were designed to include either one, two or three counterweight sets for the shaker assembly. The
three DOE batches each have four repetitions at a given motor speed; of which six discrete motor
speeds were identified. The sequence of motor speeds (or shaker frequencies) per counterweight set
batch was randomized. The first batch of 24 tests, which utilized one counterweight set, concluded
without issue. The second batch of 24 tests were conducted using two counterweight sets. However,
this second batch of tests resulted in failure of the brain impact simulator’s C-frame. As a result,
completed tests using a two and three counterweight set could not be performed. FEA, of the C-
frame component, showed that the failure was a result of a loss of temper to the aluminum base.
Redesigning the C-frame using a thicker aluminum would result in repeating the DOE, since the
system’s mass would change. Despite the C-frame failure, the objective of evaluating the brain
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impact simulator’s capabilities was met. So, repeated tests using a redesigned C-frame was not
performed.
Objective 5: Analyze data from cylindrical head system, which will inform future head system
with a realistic geometry. Address measurement issues, such as insufficient instrumentation range,
low measurement accuracy, inadequate measurement filtration, etc. and re-evaluate for system
robustness.
Data analysis was performed using filtered force transducer and accelerometer measurements.
The software MATLAB (2016) was used to calculate the amplitude, duration, and standard devia-
tion for each incident force and acceleration dataset. Repeatable measurements were obtained for
the surrogate brain’s acceleration and the incident forces applied to the skull. The incident forces
were due to the impact event created by the shaker assembly. In the future, a laser vibrometer
will be integrated into the system to compare the measured velocity with the calculated velocity from
integration of the accelerometer data. The laser vibrometer was not used in these experiments due
to challenges integrating the instrument with the DAQ. The head system remained sealed during
all impact tests, and the shaker response was predictable. Improvement to the DAQ system by in-
creasing the sampling rate capability will be conducted in the future, to increase the accuracy of the
measured accelerometer data.
5.1 Conclusions
Conclusions for each of the five objectives are stated. The brain impact simulator apparatus
mimics the design by Chandra A (1980), for lubricated cylinders in contact (e.g. heat exchangers).
The design differs from Chandra A (1980), in that the inner cylinder is deformable and a CSF
simulant fills the gap, instead of oil. Additionally, the proposed brain impact simulator differs from
Chandra A (1980) since the forces were measured with a triangular array of force transducers.
Suspending the brain sample, to offset the effects of gravity, was also fundamental to the brain
impact simulator design.
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Including optimization in the design process enabled the shaker system to operate at the the
desired incident force, while utilizing the maximum motor power. Additional optimization of the
C-frame is needed, to prevent failure using increased counterweights that operate at higher motor
speeds. The brain impact simulator is capable of producing repeatable linear impacts and can
reliably measure forces and acceleration.
The design and build portion, described by objective 3, was completed with minimal issues.
Keeping the apparatus cost low was the most difficult constraint of the project, but was achieved by
purchasing commercially available components and utilizing less expensive materials (e.g. common
diameter polyurethane cylinders for brain, nylon cylinder for skull, and standard alloys and sizes for
C-frame and shaker components). Minimizing mass and cost are often conflicting goals. However,
satisfying the minimization constraint was attained by manually fabricating components and using
simpler geometries for the head system.
A full-factorial and randomized DOE was created for the brain impact simulator. The sample
size, per number of counterweights and motor speed condition, facilitated assessment of the brain
impact simulator’s ability to produce repeatable measurements. The results showed that the brain’s
acceleration using two counterweight sets was greater than the single counterweight set by a factor
of 2.6, when comparing 40 Hz motor frequency samples. Having more data points with the two
counterweight set would have allowed for a better estimate of the scaling between the different
counterweight settings.
The brain impact simulator successfully yielded meaningful results, following analysis of the
measured force and acceleration data. For instance, lower impact tests resulted in inaccurate force
and acceleration data. However, using the accelerometer data to calculate a HIC yielded a value
that was not representative of a TBI event. Thus, obtaining inaccurate force and acceleration
data at lower motor speeds (< 27.7 Hz) was not a concern. A greater motor speed resulted in
higher incident impact forces, and increased accuracy of the force transducer and accelerometer
measurements. As a result, repeatability of the measurements from the sensors also increased. As
expected, the incident impact force and accelerations both increased exponentially as the event
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duration decreases. This exponential trend between duration, and force and acceleration, was
comparable with the exponential nature of the HIC scale. As a result, an overlay of the measured
force, event duration, and HIC scale was created.
5.2 Future Work
The feasibility of the brain impact simulator has been demonstrated. The lightweight C-frame
design offered good strength, but prevented experiments from being conducted at the maximum
impact force due to a structure failure. As discussed in section 4.4, the analysis of the C-frame
originally did not take into account the loss of strength from welding. A redesign of the C-frame by
increasing the material thickness to increase the strength, or a different design that takes advantage
of load paths and alternate materials, is required. While the C-frame’s second moment of area takes
advantage of the bending moment applied, a better triangulation of the frame would be preferred
to apply load paths in tension/compression as opposed to bending.
Along with updating the C-frame geometry, subjecting the head system to rotational motion
would be a logical next step. As previously mentioned, a large contributor to traumatic brain
injury is the application of a rotational motion. The use of an angular rate sensor, in addition to
the triaxial accelerometer, and redesign of the C-frame to facilitate rotational force application,
would increase the biofidelic nature of the brain impact simulator. Using a severity index that
incorporates angular rotation (e.g. HIP, equation 2.4) would be more accurate at capturing the
physics of TBI. Simplified severity index scales (e.g. HIC) require significant linear acceleration to
cause a TBI. Future work is needed to quantify the magnitude of linear and rotational acceleration
that will result in the same degree of damage to the brain.
Finally, a method to decouple the shaker from the head system would allow examination of
single impact events to be possible. The unbalance shaker design has a large inertial component,
which would be difficult to quickly start and stop. Thus, one solution for creating single impact
events is to allow the shaker to reach steady-state. A pneumatic cylinder between the shaker and
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C-frame would then be used to quickly couple and decouple the shaker (in steady-state), to create
the single impact event.
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APPENDIX A. DESIGN OF EXPERIMENTS: DETAILS AND RESULTS
Table A.1: DOE Results
Test Num-
ber
Pattern Frequency Weights Force Accel
1 11 20 2 28.26 2.44
2 21 27.7 2 27.86 1.80
3 41 40 2 123.46 4.05
4 61 53.3 2 877.44 13.02
5 21 27.7 2 46.23 3.36
6 41 40 2 197.40 4.00
7 31 33.3 2 105.75 3.43
8 51 46.7 2 516.99 6.01
9 51 46.7 2 576.46 6.48
10 11 20 2 28.43 1.97
11 51 46.7 2 617.56 6.35
12 31 33.3 2 113.22 3.46
13 41 40 2 217.28 3.32
14 21 27.7 2 65.80 5.79
15 11 20 2 27.64 1.87
16 41 40 2 229.40 3.84
17 31 33.3 2 114.00 3.74
18 31 33.3 2 116.58 3.61
19 11 20 2 28.20 1.75
20 61 53.3 2 920.92 13.16
21 61 53.3 2 889.27 12.68
22 51 46.7 2 860.12 10.22
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Table A.1: (continued)
23 61 53.3 2 831.73 11.10
24 21 27.7 2 26.93 2.43
25 52 46.7 4 1163.80 18.27
26 62 53.3 4 * *
27 22 27.7 4 99.44 2.43
28 42 40 4 657.84 10.28
29 12 20 4 35.52 2.01
30 12 20 4 34.65 1.84
31 42 40 4 747.80 8.76
32 62 53.3 4 * *
33 52 46.7 4 * *
34 42 40 4 * *
35 32 33.3 4 * *
36 32 33.3 4 * *
37 22 27.7 4 * *
38 32 33.3 4 * *
39 22 27.7 4 * *
40 42 40 4 * *
41 52 46.7 4 * *
42 12 20 4 * *
43 62 53.3 4 * *
44 52 46.7 4 * *
45 12 20 4 * *
46 22 27.7 4 * *
47 62 53.3 4 * *
48 32 33.3 4 * *
49 13 20 6 * *
50 43 40 6 * *
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Table A.1: (continued)
51 63 53.3 6 * *
52 53 46.7 6 * *
53 63 53.3 6 * *
54 33 33.3 6 * *
55 63 53.3 6 * *
56 43 40 6 * *
57 53 46.7 6 * *
58 13 20 6 * *
59 53 46.7 6 * *
60 33 33.3 6 * *
61 43 40 6 * *
62 43 40 6 * *
63 13 20 6 * *
64 23 27.7 6 * *
65 33 33.3 6 * *
66 33 33.3 6 * *
67 63 53.3 6 * *
68 53 46.7 6 * *
69 23 27.7 6 * *
70 23 27.7 6 * *
71 13 20 6 * *
72 23 27.7 6 * *
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APPENDIX B. COMPUTER CODE FOR SHAKER CALCULATIONS
The following computer code was used in the software EES:
Mass Assembly = Mass Counterweight Total + 4 .2 ‘ ‘ Assuming mass o f e x c i t e d assembly
i s 4 . 2 kg”
F=G Balancer ∗9 .81∗Mass Counterweight CG
U=Mass Counterweight CG∗CG Balancer
F=U∗omegaˆ2
F l b f=F/4.45
omega=speed ∗0.1047
‘ ‘ speed =2000” ‘ ‘ This was commented out from an e a r l i e r c a l c u l a t i o n ”
SI=700 ‘ ‘ For determining optimum SI c a p a b i l i t y when motor power i s known , comment out t h i s l i n e ”
SI=Gˆ2 .5∗ ( Time Impact s )
G=F/Mass Assembly /9 .81
‘ ‘ Counterweight dims”
Dens i ty Balancer =7800 ‘ ‘ Density o f ca s t i r on in kg/mˆ3”
CG Balancer =(4∗( Counterweight R Outerˆ3−Counterwe ight r Inner ˆ3) )
/(3∗ pi ∗( Counterweight R Outerˆ2−Counterwe ight r Inner ˆ2) )
CG Balancer Inches=CG Balancer ∗39 .37
Counterweight R Outer Inches=Counterweight R Outer ∗39 .37
Counte rwe ight r Inne r Inche s=Counterwe ight r Inner ∗39 .37
Counterweight D Outer Inches=Counterweight D Outer ∗39 .37
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Counterwe ight d Inner Inches=Counterweight d Inner ∗39 .37
Counterwe ight d Inner Inches =1.125
‘ ‘ Counterweight D Outer Inches =2.333” ‘ ‘ This was commented out a f t e r the i n i t i a l
parameters were e s t a b l i s h e d ”
Counterweight D Outer=Counterweight R Outer ∗2
Counterweight D Inner=Counterweight R Inner ∗2
‘ ‘L=0.1394”
L Inches=L∗39 .37
Mass Counterweight Total=Mass Counterweight CG
+ Counterwe ight r Inner ˆ2∗ pi ∗L∗Dens i ty Balancer
Mass Counterweight CG =((( Counterweight R Outer ˆ2∗ pi ∗L)/2)
−(Counterwe ight r Inner ˆ2∗ pi ∗L)/2)∗ Dens i ty Balancer
‘ ‘ Impact speed / shaker speed ”
Time Impact=15 ‘ ‘ At 15ms , Impact needs to be ˜80 G’ s ”
Time Impact s=Time Impact ∗0 .001
speed=1/Time Impact s ∗60/2 ‘ ‘ S ince 2 events happen per r evo lu t i on , the speed
i s d iv ided by 2”
‘ ‘ Motor c a l c u l a t i o n s ”
Power Motor=3 ‘ ‘ For o r i g i n a l power requirement f o r a g iven even durat ion , comment out t h i s l i n e ”
Power Motor=Torque Motor∗ speed /5252/1.356 ‘ ‘HP”
Torque Motor=F∗CG Balancer ‘ ‘ 1 . 356 conver t s f t ∗ l b s to N∗m”
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Figure B.1: Maximizing the variable G while varying CounterweightDOuterInches.
